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Safety of commercial neural implants fundamentally limits its working to the 
use of charge-balanced, biphasic pulses to interact with target neurons using metal 
electrodes. Short biphasic pulses are used to avoid toxic electrochemical reactions at 
the electrode-tissue interfaces. Biphasic pulses are effective at exciting neurons, but 
quite limited in inhibiting their activity. In contrast, direct current can both excite and 
inhibit neurons, however it leads to the formation of harmful, Faradaic reactions at the 
metal electrode/tissue interface. To address this challenge of safety over chronic use, 
we are developing the Safe Direct Current Stimulator (SDCS) technology, that 
generates an ionic direct current (iDC) from a biphasic input signal using a network of 
microfluidic channels and mechanical valves. This rectified iDC is applied to the target 
neural tissue through an ionically conductive neural interface. 
A key enabler towards transforming the SDCS concept from a benchtop design 
to an implantable neural prosthesis is the design of a miniature valve. Several valve 
architectures and actuation mechanism were studied for the development of the 
microfluidics in SDCS technology, before settling on the plunger-membrane 
microvalve design. This thesis characterizes a miniature polydimethylsiloxane (PDMS) 
based elastomeric normally closed (NC) mechanical valve actuated using a shape-
memory alloy (SMA) wire through distinct tests and examines its current capability for 
iDC delivery. The analysis of the test outputs confirmed the feasibility of using this 
design for rectifying the charge-balanced alternating current (AC) into iDC. 
 As metal electrodes are unsuitable for delivering iDC to the neural tissue safely, 
an ionic conductive neural lead is built. These gel-based, PDMS electrodes should be 
designed within the acceptable pressure limits that a nerve can handle safely. 
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Preliminary experiments were conducted to verify the design and conductivity of the 
lead. While the results suggest that the lead design maintains the pressure below the 
maximum limit, its high impedance raises concerns. 
 Although this thesis forms a basis for development of the SDCS device, further 
experimentation and progress is required for a reliable, safe, chronic, and fully 
functional device. 
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CHAPTER 1: INTRODUCTION 
1.1 Neural Stimulation Principle 
The nervous system is the body’s electrochemical communication system. It 
receives information from the environment through sensory stimuli (sensation), 
processes the stimuli (integration) and generates appropriate responses (signalling and 
secretion) to this. Nerves provide a primary pathway for the transmission of nerve 
impulses through specialized cells called neurons. These cells are responsible for 
numerous processes including generation, conduction and transmission of both 
electrical and chemical signals throughout the body. Aside from neurons, nervous tissue 
is also composed of glial cells, which play a supporting role for the tissue and are 
necessary for the neurons to perform their functions. [1]  
There are diverse specialized nerve cells that respond to various stimuli and 
perform different tasks. However, they have a basic structure that is depicted in Figure 
1. A neuron consists of a cell body, dendrites, and an axon. The cell body or soma 
 




houses several organelles that are vital for the survival of the neuron. Dendrites are 
cellular extensions that are made up of several leaf-like structures called spines, which 
is the receiving part of the neuron. They are responsible for conducting the nerve 
impulses. Axon is a long, tube-like process that emerges from an initial segment called 
the axon hillock and terminates at the axon terminal. It acts as the transmitting part of 
the neuron by communicating with many target cells. Some portions are covered with 
an external, insulating cover called the myelin sheath. In the peripheral nerve, this is 
produced by a neurolemmocyte called Schwann cell. However, the myelin sheath is not 
continuous and is interrupted in regular intervals by gaps called nodes of Ranvier. The 
chemical junction between the axon terminals of one neuron and the dendrite of the 
next is known as a synapse. The dendrites obtain the inputs from several different 
synapses and communicates with the cell body. Hence, the neuron is said to have a 
polarity as the passage for information flow occurs only in one direction.  
Neurons convey the messages electrochemically through charged particles 
called ions. The electrical signal generated at the output of a neuron can cause excitation 
or inhibition of the neuron. These electrical impulses are known as action potentials. 
They occur due to shifts in the neuron’s transmembrane potential caused by 
concentration gradients of ions. This potential defines the distribution of charge across 
the neuron’s membrane and is calculated based upon the extracellular and intracellular 
ion composition. The neuron is surrounded by a semi-permeable membrane that have 
ion channels that only allow specific ions to cross. Initially, these concentrations are 
balanced and there is a no net charge. However, any difference of charge across this 
membrane can result in the generation of action potentials.  
During the quiescent state, these ion channels are closed, and the ions are 
distributed across the membrane in such a way that the extracellular fluid is largely 
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composed of sodium ions (Na+) and the intracellular fluid with potassium ions (K+). 
This results in a negative concentration gradient of about -70mV known as the resting 
membrane potential. When the cell is triggered, these voltage-gated channels begin to 
open, and they allow an influx of Na+ ions due to the concentration gradient. 
Subsequently, this causes the cell to depolarize and moves the membrane potential 
closer to 0mV. When a threshold of about -55mV is reached, an explosion of electrical 
activity occurs, resulting in neural firing of action potentials of a fixed size. This 
prompts all the available Na+ channels to open and permits more Na+ to enter the cells, 
resulting in a reversal of the membrane potential. Now, when the potential reaches 
+30mV, the channels specific to potassium ions are activated, causing a relatively 
slower outflux of K+ ions. At this stage, the sodium channels close. The outflow of 
positive charges restores the electrochemical gradient to the resting state. The 
repolarization process ends with the closure of the potassium channels, before the 
resting membrane potential is reached. However, these channels face a delay in 
attaining full closure. This hyperpolarizes the cell to a more negative potential, thereby 
producing a small overshoot as seen in Figure 2. Now the active transport is kickstarted 
to bring the membrane conditions back to the resting state and prepare the cell for the 
next action potential. This propagation of the action potential applies to an 
unmyelinated axon and is referred to as a continuous conduction. For myelinated axons, 
a faster process namely saltatory conduction takes place. As the voltage gated channels 
are only present at the nodes of Ranvier, the continual process of opening the channels 
along the axon is eliminated and the action potential jumps from one node to the next.  
A distinguishing feature of the action potential is its ‘all or none’ nature.  Hence, 
the strength of response of the nerve cell is independent of the strength of the stimulus. 
If the membrane potential fails to reach the threshold, no action potentials are fired. 
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Another feature is its frequency of activation. An action potential cannot be initiated 
when one is already under progress. This is determined by the refractory periods of the 
action potential. During the absolute refractory period, it is impossible to start another 
action potential, due to the closure of Na+ channels. In the refractory period, a new 
action potential can be generated if a stronger stimulus is provided.[2] 
The entire process from the initiation at the initial segment and its travel down 
the length of the axon till the synapse takes place within 5 ms.[2] At the axon terminals 
of the presynaptic neuron (neuron that is sending information), neurotransmitters are 
released and it is absorbed by the dendrites of the postsynaptic neuron (one that is 
receiving information), resulting in its sufficient depolarization for generating an action 
potential in the postsynaptic cell. Basically, the output of the neuron is the secretion of 
 





the neurotransmitter at the synapse. This is received by the receptor, thus forming a 
unidirectional connection. This chain reaction continues till the stimuli is received by 
the targeted cell.  
While the presence of chemical neurotransmitters can instigate an action 
potential, an alternative, namely neural stimulation, taps into the electrical features of 
the nervous system. This viable solution induces action potential firing through 
electrical stimulation in a localized manner. Moreover, the ability to generate an 
instantaneous response upon activation and reverse it when the stimulation is disabled 
proves to be an added advantage over the chemical component. Neural stimulation can 
use various modalities aside from electrical stimulation, such as magnetic, light and 
sound stimulation. All these methods subsume under the umbrella of neuromodulation. 
According to the International Neuromodulation Society, neuromodulation can be 
defined as ‘the alteration or modulation of nerve activity by delivering electrical or 
pharmaceutical agents directly to a target area.’ [3] However, the thesis is focussed on 
a novel neuromodulation technique through electrical stimulation.  
1.2 Neural Prostheses 
Neuroelectric stimulation plays an essential role in the restoration or 
replacement of lost neural functions. Neural prostheses work on this principle of 
artificial stimulation and involve electrodes to interface with the nervous system for re-
establishing these functions. They act as a substitute for a modality that has been 
damaged due to an injury or disease. A few examples of chronically implanted 
prostheses are pacemakers, cochlear implants, deep brain stimulators, and spinal cord 
stimulators. Two critical metrics used to define a neural stimulator is safety and 
efficacy. Safety deals with the prevention of tissue damage and electrode corrosion, 
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while efficacy relates to the ability of the stimulator to evoke the desired responses, be 
it excitation or suppression of the action potentials. [4] 
The mechanism of electrical stimulation entails membrane depolarization of the 
excitable tissue through the flow of ionic current between two or more electrodes placed 
in close proximity of the neural tissue. Current devices employ a series of charge-
balanced, biphasic current pulses or other forms of alternating current. These pulses 
have an anodal and cathodal phase with equal but opposite amplitude polarities that 
ensues a net zero charge for that pulse. The anodal and cathodal currents result in 
oxidation and reduction reactions at the stimulation electrode respectively. [5] While 
the charge-balanced feature of these waveforms plays a part in the deterrence of toxic 
substance formation at the electrode-saline interface owing to the electrochemical 
reactions, these devices can only excite the intended neural tissue. With the goal of 
reducing the action potential firing in mind, these prostheses function through two 
methods; lateral inhibition or use of high frequency pulse trains. The former engages in 
an indirect method of inhibition through the excitation of neurons that in turn suppresses 
the activity of the target neuron itself. [6] Without these set of neurons, inhibition is not 
possible. Another technique through which action potential propagation is terminated 
is through the formation of a nerve block by using high frequency, biphasic pulsatile 
stimulation. However, prior to the application of the stimulation waveform, a 
comparatively long-lasting, and high-firing rate phase occurs.[7] Thus, these AC 
neuroelectric prostheses face an immense drawback when they are compelled to inhibit 
the neural activity. This invokes the need of a neural prosthesis that can both excite and 




1.2 Safe Direct Current Stimulator Technology 
A promising solution to this dilemma inspired by the operation of transcranial 
direct current stimulator is described here. The benefits of using direct current (DC) 
over pulsatile stimuli for neuromodulation has led to recent advancements in this field. 
The modulation of neural activity transpires because of the changes in the 
transmembrane potential by the external neural electrodes. The cathode (negative 
electrode) induces depolarization, while anode (positive electrode) engenders 
hyperpolarization. [8] This presents itself as the foundation for the primary advantage 
of DC, which is its ability to directly inhibit the neural activity. While the anodic DC 
decreases the conduction velocity of these action potentials and reduces the firing rate, 
cathodic DC establishes excitatory effects such as an increase in the firing rate and 
sensitivity of the neurons.[9] Moreover, DC has the added advantage of possessing zero 
frequency, which deters the phase locking of neural firing to the stimulation frequency.  
Besides these significant advantages, the use of DC violates the safety metric of a neural 
stimulator. The standard electrodes used for stimulation are metallic in nature. When 
the electrode is placed in contact with the neural tissue, an electrode-electrolyte 
interface is formed. Electrons are responsible for conducting charges in the metal 
electrode phase, while in the physiological medium, ions carry the charge. Hence, 
transduction of charge carriers from electrons to ions occurs. Although faradaic 
processes of reduction and oxidation can be used as a method of charge transfer, it 
results in the formation of irreversible, toxic products that would eventually corrode the 
metal surface, and cause changes in the chemical environment surrounding the neurons. 
A parameter used to keep this in check is the charge injection limit, which denotes the 
amount of charge that can be transferred across the interface without causing 
irreversible chemical reactions. Since DC is unidirectional, the safe charge injection 
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limit is violated. This impediment confines the use of DC to acute laboratory 
experiments. Overall, direct current provides a can be used to excite, inhibit or modulate 
the sensitivity of the neurons.  
By addressing the concern of safety, the utility of DC can be extended to a wide 
range of neuroprosthetic applications. Inspiration was drawn from Spelman et al.’s 
work of switching mechanical valves in phase with the stimulating biphasic square 
waves to deliver ionic DC to the target nerve tissue. This laid the foundation behind the 
Safe Direct Current Stimulation (SDCS) technology. It aims to safely deliver DC to the 
neural tissue without adverse reactions occurring at the electrode-electrolyte interface. 
This is resolved by passing alternating current (AC) through the electrode-electrolyte 
interface for maintaining the charge injection limit, to a fluid switching network that 
rectifies it into ionic direct current (iDC), as seen in Figure 3. The iDC is then, in 
principle, supplied to the tissue through a purely ionic interface, eliminating risks 
involved with the electrode-electrolyte interfaces. A benchtop setup of the same proved 
the viability of this procedure to excite and inhibit neural tissue. The first 
implementation of this procedure, a benchtop setup with hand-operated valves, is 
denoted as SDCS1. The AC signal prompted the valves to switch states (ie, from open 
to close and close to open) for each phase. This resulted in a unidirectional ionic current 
flow through the stimulated tissue. While SDCS1 verified the viability of this procedure 
to excite and inhibit neural tissue, its large stature and non-ideal valves led to periodic 
interruptions in the current flow to occur. These disruptions induced unavoidable neural 
activity with each valve transition. To compensate for this, a second prototype, namely 
SDCS2, was developed. SDCS2 integrates two SDCS systems as seen in the Figure 4; 
one system switches the valve states to ensure rectification and the other drives the ionic 





Figure 3. SDCS 1 Design: (a) This depicts the proposed design for SDCS1. It shows two states of 
the same device. Although the electrodes switch polarities, the current through the tissue remains 
unidirectional. Hence, iDC is delivered to the tissue. (b) This represents the output current of SDCS1. 




Figure 4. SDCS 2 Design: (a) This depicts the proposed design for SDCS2. It shows the flow of 
current during a single valve configuration. (b) This shows the output current and the corresponding 





established with a series of manually-operated valves and tubes, the next step is focused 
on designing a miniaturised functional prototype.  
Currently, the SDCS device can be divided into four functional layers as 
delineated in Figure 5: safe DC microfluidics, safe DC electronics, application specific 
electronics, and power. The first layer is responsible for the rectification of the charge-
balanced pulses into iDC. While there are a number of mechanisms through which 
rectification can be achieved, the requirement of an implantable device imposes 
constraints, specifically in terms of its size and power consumption. The simplest 
arrangement that could still perform effectively in a miniature scale were a system of 
valves with an autonomous actuation mechanism. The various actuators and their 
advantages and disadvantages are discussed in the upcoming chapter. Among these, the 
shape-memory alloy-based actuation surpassed other mechanisms in terms of its quick 
response times, ease of handling and potential longevity. Hence, an isolated fluid 
network is used for obtaining a rectified ionic current. Accordingly, an ideal miniature 
valve design using the shape-memory alloy for actuation should fulfil two main criteria; 
 
Figure 5. Functional Layers of SDCS Device: The SDCS device can be delineated into different 
layers. The focus of the thesis is on Layer1, the microfluidics and interface to the nerve for SDCS. 





a low force to open/close (based on initial valve configuration) and a small linear 
displacement for achieving the same. Aside from the valves, layer 1 also includes the 
electrode-tissue interface. Since iDC is to be delivered to the tissue, a purely ionic 
interface is necessary for safe stimulation. The electronics layer is split into two; layer 
2 contains the basic underlying circuitry for the device. It includes circuitry for the 
systematic operation of valves and for delivering AC to the microfluidic layer and layer 
3 deals with circuitry needed for the particular SDCS application. The last layer powers 
the entire device, ideally through a rechargeable battery or wirelessly. 
1.4 Thesis Overview  
This novel neuromodulation technology seeks to dramatically improve the 
treatment of many prevalent neurological deficits. On-going research delves deep into 
the use of SDCS for chronic pain and asthma attack suppression and as a vestibular 
prosthesis for balance restoration. This thesis emphasizes on the development of a 
microfluidic device that can deliver iDC to the target tissue in a safe and reliable way, 
particularly for the chronic pain application. The prior work undergone in the 
microfluidic platform for SDCS is illustrated in Figure 6 (left) and Figure 7 (left). 
Figure 6 demonstrates the various iterations undertaken for designing a miniature valve, 
which would be a part of the rectifying fluidic network. Figure 6 (left) displays the 
initial two valve designs which were taken into consideration. The normally-open 
pinch/squeeze valve has a rectangular channel that is ‘pinched’ close by the contraction 
of the nitinol wire. However, inefficient valve closure occurred, since a larger pull force 
of the wire was required to compress the bulk substrate around the valve rather than 
attaining closure. The next design was a two-layer normally-open ‘gated’ microvalve. 
Closure was obtained by indirectly compressing the elastomer, using a ‘gate’. A 
cylindrical/triangular ‘gate’ was placed on the top layer and the shape-memory alloy 
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wire was looped over this. Contraction of the wire would cause force the top layer to 
be pulled downwards. This allowed the ‘gate’ to fit exactly in the curve of the channel, 
resulting in valve closure. Although smaller forces were lost to compressing the bulk, 
a larger displacement was still required. This design formed the basis of our plunger-
membrane microvalve architecture as seen in Figure 6 (middle), which is described in 
depth in the upcoming chapters. Once the valve design is optimized, the next step would 
involve the implementation of a full 8-valve SDCS system.  
The electrode design for SDCS is specific to the application. Figure 7 illustrates 
the electrodes utilized for interfacing the fluidic system of valves with the neural tissue, 
in order to deliver the ionic current for suppressing pain. Figure 7 (left) depicts the 
 
Figure 6. Microvalve Design Iterations: The multiple valve design iterations are shown. The left 
column represents the previous work undertaken in valve design. The middle column depicts our 
iteration to the preceding design, whose development and testing would be described in this thesis. 
The right column embodies the next step that has to be achieved for successful realization of an 




currently used micropipette electrode with a 200um channel that is filled with an agar-
saline solution and was used for in-vivo experimentation. For pain suppression, an 
interface that would direct the current into the nerve, with limited current spread along 
the surface of the nerve is required. These in-vivo experiments involves positioning the 
electrode on the nerve in mineral oil, which provides an insulation and prevents the 
current spread. However, this option is not available for long-term implants. Hence, the 
micropipette electrode is a rudimentary design, which has to be iterated upon. Although 
these electrodes are suitable for acute experiments, several concerns based on 
optimizing the design, the ionic conductive medium, the material of the electrode and 
its contacts, the orientation and distance between the electrode contacts and many more 
must be addressed. Thus, I designed and tested the cuff-clamp lead system, shown in 
Figure 7 (middle) for conformability with the design criteria and this will be detailed in 
 
Figure 7. Neural Interface Design Iterations: This figure depicts the various electrode designs taken 
into consideration for interfacing the microfluidic network with the neural tissue. The figure on the 
left is a micropipette filled with an agar-saline solution, that is currently used for in-vivo experiments. 
The middle figure is a PDMS based cuff electrode (placed on a quarter for size comparison) and will 





the following chapters. The Figure 7 (right) represents our vision of a neural interface 
that can be used for ionic current delivery.   
In chapter 2, various techniques for the development of microfluidics is 
discussed. Chapter 3 focuses on the implementation and testing of the microfluidics for 
the SDCS device. Lastly, chapter 4 emphasises on the design and development of a 


















CHAPTER 2: MANUFACTURING TECHNOLOGIES FOR 
MICROFLUIDICS 
2.1 Introduction  
One of the key driving factors in the successful realization of the SDCS 
technology as a neural prosthesis is miniaturization. The proof-of-concept SDCS 
prototype consists of a tubing network that conducts ionic direct current through the 
switching of mechanical valves. With the goal of transforming the current bench-top 
SDCS prototype to an implantable device, a substantial innovation in valve design is 
needed in order to reduce the power consumption and footprint of the desired implant.  
[10] A fundamental step towards the successful miniaturization and commercialization 
of SDCS is the development of reliable microfluidic valves or microvalves. This 
downsizing is also contingent on the actuation and interfacing elements that control 
these valves. As a multitude of actuation principles can be adopted to actuate these 
microvalves, their design and actuation mechanism is chosen based on the suitability 
with the given application. A low power consumption, hermeticity, rapid response time, 
compatibility, high valve conductance, and high reliability are some of the desired 
characteristics imperative for miniature valve design for SDCS. Thus, the fabrication 
methodology plays a major role in the successful implementation of microvalves by 
addressing some of the above mentioned hurdles along with the reliability, energy 
efficiency and cost requirements.[11] [12] 
Currently, numerous valves are designed to have a membrane or diaphragm that 
is actively actuated.[13] One particular type of active valve, namely the elastomeric 
plunger-membrane microvalves has been a cornerstone technology for enabling various 
applications of microfluidic devices in bioanalytical instrumentation [10]. The focus of 




Characteristics of PDMS  
A popular material widely used in microfluidic devices is polydimethylsiloxane 
(PDMS). This silicone based viscoelastic polymer is an optically transparent, 
biocompatible, and flexible material that can be rapidly prototyped via soft 
lithography.[14] [15] Since PDMS is an elastomer, it will easily conform to the surface 
of the substrate. Additionally, the surface properties of PDMS can be easily modified 
by surface treatments. The Young’s modulus of PDMS (~750kPa) [16] is three orders 
of magnitude smaller than that of hard plastics, therefore allowing PDMS based valves 
to be built smaller and faster. Some other properties include its low cost, non-toxic 
nature, stability against temperature variations and its low interfacial energy that 
prevents chemical interactions with other polymers and fluid solutions in the 
microfluidic channels. Due to these unique properties, PDMS is instrumental in the 
formation of high-quality patterns and structures that would be required for developing 
the microvalve prototypes. [11]  
2.2 Fabrication Techniques for Elastomeric Structures 
These small-scale microfluidic devices would entail high precision 
micromachining techniques for creating high aspect ratio structures. Due to the lack of 
a universal, inexpensive and reliable fabrication technology for microfluidics, the 
market emergence of microfluidic platforms has been slow. Each of the distinct 
fabrication processes has its advantages and disadvantages and selecting the 
manufacturing method which is best suited for the application involves several trade-
offs or multiple hybrid processes. [17] As this thesis strives to accomplish the course 
undertaken to produce miniature valves, a hybrid process encompassing both additive 
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manufacturing for hard molding followed by a soft lithographic process to create the 
PDMS chips would capitalize on the advantages of both. 
2.2.1 Soft Lithographic Process 
Soft lithography, a well-developed non-photolithographic silicon-based process 
is one of the frequently used practices for elastomeric microfabrication. Together, 
PDMS and soft lithography have started a revolution in the microfluidic community 
due to their low infrastructure costs and ease of manufacture.[18] In this procedure, 
microfabrication is carried out via self- assembly and replica molding. [19] Although, 
this conventional process for creating a PDMS based microstructure follows a standard 
procedure and is easily implemented without the use of expensive fabrication 
equipment or clean room facilities, it is a cumbersome process for mass-production 
manufacturing as it involves a series of steps. [20] There are multiple soft-lithography 
methods that are adopted presently, particularly microcontact printing (μCP), replica 
molding (REM), microtransfer molding (μTM), micromolding in capillaries (MIMIC) 
and solvent-assisted micromolding (SAMIM). [19] Collectively, they are known as soft 
lithography techniques as they follow the basic principle of replicating the patterned 
structures defined in an elastomeric stamp or mold onto the substrate or master mold, 
which is typically made of a soft elastomer such as PDMS. This procedure follows the 
same stages as common photolithography; designing the shadow mask and PDMS 
based stamps, and production of well-defined templates before molding the stamp on. 
[16] Complications arise with this process for the fabrication of complex, multi-layer 
devices. Multi-layer devices would require tedious manual labor for stacking, aligning 
and bonding of the multiple layers, thereby reducing the range of features that can be 
created on these molds.[18] Furthermore, this technique builds the 3D architecture by 
stacking 2D layers, which requires further patterning and bonding steps, increasing the 
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processing costs and reducing the success rates. [18] As this procedure involves several 
supplementary methods and involves substantial human labor, an alternative procedure 
should be surveyed for designing the templates. 
2.2.2 3D Printing Technology  
A more efficient procedure for template prototyping that is currently emerging 
is 3D-printing technology. 3D printing is “the fabrication of objects through the 
deposition of a material by using a print head, nozzle or other printer technology,” as 
defined by the ASTM International Committee. It is a considered to be a ‘solid freeform 
fabrication’ technique that belongs to a family of additive-based manufacturing 
technology.[21][22] It is highly integrated with other supporting technologies such as 
computer-aided design (CAD) and computer-aided manufacturing (CAM). The 
advantage of 3D printing over the typical technologies is two-fold. It provides an 
automated method to fabricate three-dimensional structures, thereby eliminating the 
need of extensive manual processes that had rendered commercialization difficult. This 
allowed for an unprecedented expansion into the field of microfluidics. Another 
significant feature is its rapid realization and fabrication of the model under 
consideration. Depending on the size of the model and complexity of the structure, each 
microfluidic chip would take anywhere from 10 minutes to hours to be fabricated. This 
leads to an approach that is regularly adopted by researchers, called a ‘fail fast and 
often’ strategy. Moreover, the possibility of designing a range of sizes and utilizing 
various materials garnered the attention of microfluidic device developers.[23] Despite 
these benefits, there are some universal concerns regarding the resolution of the 
structures produced, biocompatibility, material availability, shape conformity, and 
optical transparency. With the focus of this thesis targeted on microvalves, the choice 
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of fabrication technology should primarily encompass the following features: 
inherently fast, inexpensive and  highly reliable. [18] 
History of 3D printing 
The earliest 3D printing technologies emerged in the 1980s and were then 
known as Rapid Prototyping (RP) technologies. These RP processes were quick, 
automated, and cost-effective procedures for developing product prototypes. The 
origins of 3D printing can be traced back to Charles Hull, who first constructed a 
stereolithography apparatus (SLA) in 1983. This device used UV light to cure a 
photopolymer resin to make the required prototypes. The software slices the 3D object 
into layers of thicknesses specified by the resolution of the printer and the machine 
stacks these layers over each other to form the part. Hull faced an issue in translating 
the CAD file into a format that is easily interpreted by the printer. He, thereafter, 
developed the stereolithography (STL) file format that is currently used.  
 Throughout this period, new technologies continued to be introduced which 
were mainly focused on industrial applications. Scott Crump founded the Fused 
Deposition Modelling (FDM) process in 1989, along with the acrylonitrile butadiene 
styrene (ABS) material that is widely used by 3D printers today. Parallel to the 
advancement of the SLA device, Carl Deckard developed another RP process, namely 
the Selective Laser Sintering (SLS). SLS and FDM printers were used to create plastic 
and nylon parts. The SLS printer was also the sole technology that could make 
prototyping parts in metals. Soon after, in the 1990s, Massachusetts Institute of 
Technology invented the inkjet 3D printing process. Through the 2000s, an exponential 
rise in the use of 3D printer technology was observed. The availability of open-source 
hardware and software has garnered a huge consumer base for such technology.[22][24]  
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Types of 3D Printing Processes 
 The need for a commercialization ready, environmentally friendly and 
economically efficient fabrication procedure resulted in several advancements in the 
field of 3D printing leading to a wide array of commercial systems.[23] However, not 
all these processes are suitable for the microfluidic applications as they are unable to 
create minute structures and have a poor resolution. Commonly used 3D technologies 
for microfluidics include SLS, FDM, photopolymer inkjet printing, laminated object 
manufacturing (LOM), SLA and DLP. 
Selective Laser Sintering 
 This additive manufacturing technique utilizes a high-power laser to build the 
3D object. In this case, the precursor material can be a blend of polymers in the powder 
form. Each layer is defined by the heating of the powdered material on the build plate 
that causes a fusion of small particles of the material into a mass with the desired shape.  
This thermal treatment is called sintering. SLS is a rapid prototyping technique used to 
obtain a highly pure print. As this technology requires a high-powered laser, the printer 
itself is expensive.[23] 
Fused Deposition Modeling 
 FDM, also known as thermoplastic extrusion, works by melting a continuous 
plastic filament that is fed through a heated extruder, layer by layer, on the build 
platform. As the layer is deposited, it hardens and bonds to the previous layer.[24] It 
enables the printing of biocompatible polymers such as ABS, poly (lactic acid) (PLA), 
polyamide, polystyrene and polycarbonate. The prints have a good thermal and 
mechanical resistance.[25] However, they are prone to stress fractures as the filaments 
from adjacent layers may not be bonded properly and would require additional support 
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structures. Moreover, the melting of plastics at high temperatures leads to the 
generation of fumes, which poses a health hazard.  
Photopolymer Inkjet Printing 
 In this process, the build materials in their liquid or molten state are jetted onto 
a build platform via the inkjet print heads. UV lamps are then used to cure the material 
and causes it to solidify on the build plate layer-by-layer. A range of materials, from 
soft and hard plastics to elastomers can be printed by this mechanism. Nevertheless, 
these supplies are expensive and have limited mechanical properties and low 
durability.[26]  
Laminated Object Manufacturing 
 This low-cost technique stacks and bonds layers of adhesive-coated paper, 
plastic, or metal laminates through the application of heat or pressure. The desired shape 
is then cut using a computer controlled knife.[25] While the adhesive or chemical 
bonding prevents the layers from detaching and fashioning a sturdy model, [23] these 
models are relatively larger in size.[25]  
Stereolithography 
 SLA is a laser-based process that utilizes photopolymer resins. Parts are created 
through a layer-by-layer mechanism, wherein the build platform is lowered into a vat 
containing the liquid photopolymer. Each layer is ‘drawn’ by the laser and is created 
by the deposition of a continuous stream of filament. A UV laser scans the surface of 
the vat and in turn causes polymerization of the resin and by this means solidifying it 
on the build plate. This process results in a very accurate representation of the model 
with a smoother surface finish and complex detailing. Nonetheless, as it only works 
with photopolymers, it does not have very well-defined mechanical properties.[24] 
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Digital Light Processing 
 This process is very similar to stereolithography as it also works with photo-
reactive polymers. The light sources used are mainly conventional sources of lights like 
arc lamps. Based on the SLA process, a high resolution projector is placed below the 
resin container and the light pattern powered by the DLP technology projects an entire 
layer or slice of the 3D object on the build plate. The liquid resin is placed in a 
transparent vat and when light incidents on it, the resin hardens on the build plate that 
is lowered into the vat.  
 This method of printing has excellent resolution and much lesser resin material 
is required for the production of details in the part, leading to a lower cost and less 
waste when compared to the SLA process. Furthermore, as the projector or light source 
remains stationary, there are only a few moving parts, which decreases the maintenance 
costs. [25] DLP based printing is quicker than its counterpart, since the profile of the 
entire layer is projected on the build plate, ensuing the conversion of a 2D image into a 
3D object. However, with the SLA printer, a 1-dimensional drawing process is 
followed, wherein each cross-sectional layer is broken down into a series of points and 
lines that is traced by the laser, resulting in a slower process with possibilites of 
inaccuracies occuring that would adversely affect the structural strength and surface 
finish of the print.[27] 
 Due to these particular strengths, a machine that utilises the DLP methodology 
is opted for the production of the valve molds. Among the various DLP based printers 
available, the B9 Creator (B9 Creations, South Dakota) is opted for, as it is relatively 
faster than other resin based 3D printers and the proprietary resin is less expensive. 
Besides these advantages, the foremost benefit is the accessibility to a range of 
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resolutions, which is otherwise not provided by other DLP printers.[28] The printer 
provides a resolution of 30, 50 or 70 microns along the XY-plane and can go as low as 
5 microns in the Z-plane ensuing highly reliable and accurate printing of miniature 
valves. The B9 Creator utilizes a UV projector as a light source. In addition to this, the 
printer works with various photopolymer resins; red, black, cherry, emerald, and yellow 
resins. The resin to be used is chosen as per the desired application. The B9 Cherry, 
Emerald and Yellow resins are adopted for casting purposes. The Black and Red resins 
are used for prototyping as they develop accurate, strong and temperature resistant 
molds. The casting resins enable the production of high-resolution and detailed prints, 
which can be casted in metals such as silver, gold and platinum with high repeatability 
and flawlessness. The prototyping resins allow for high-speed printing of durable 
models and molds that are able to withstand high-temperatures, while maintaining its 
dimensional accuracy and prototyping strengths.[29] These UV curable resins are 
widely popular currently due to three reasons. First, since these resins are composed of 
small molecules called photo-initiators that are activated by light, only photochemical 
cleavage occurs to produce reactive components that are environmental-friendly. 
Conventional curing is performed by a solvent evaporation technique involving heat 
and air drying. This causes shrinkage of the resin and creation of environmental 
pollutants. The absence of a solvent in this resin material results in a nonappearance of 
pollutants and no loss of volume. [30] Secondly, they are more energy efficient than 
thermally curable resins. Thirdly, the UV curing process imparts desirable properties to 
these parts such as improving their mechanical strength, which is otherwise not 






 Although different types of 3D printers incorporate distinct technologies that 
processes different materials, they all follow the same basic process for building 
prototypes. The steps are as follows: 
• Create a Computer Aided Model (CAD) model of the design using software 
packages like SolidWorks or AutoCAD 
• Convert the model to an STL file format. This format represents the 3D object 
surface as planar triangles and holds the coordinates of the vertices and direction 
of its outward normal, independent of the software being used for designing the 
model. 
• Slice the file into 2D cross-sectional layers using a pre-processing software. 
This user interface allows for changing the orientation, scaling factor and slice 
thickness of the model. The slice thickness is determined by the resolution of 
the printer and can vary according to the capabilities of the machine. A smaller 
slice thickness leads to an increased build time but improves the accuracy of the 
prototype. Another characteristic of this software enables the generation of 
support structures, which are vital for part features that involve thin-walled 
sections and internal cavities. Without these, the part may collapse.  
• Build the prototype. After the processing of the STL is completed, the file is 
sent to the printer. The printer then builds the prototype one layer at a time. 
• Clean the model. Once the building process is completed, the finished product 
can be obtained on the build plate. The post-processing step is the removal of 
the part and cleaning it to eliminate support structures and other contaminants. 
Further processing involves post-curing of the photosensitive materials and 
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surface treatment to improve the appearance, durability or for other 
functionality.[22] 
Post Print Curing Processes 
 Since the parts printed by the DLP based B9 Creator are created by the lowering 
of the build plate into the resin; once completed, there will be residual resin that has not 
been fully cured and support structures present. If supports are used, they leave marks 
on the surface and may create uneven surfaces. Moreover, when the 3D design has 
small detailed structures that are crucial for the functioning of the object, these residues 
can hinder its development and thereby render the part non-functional. Thus, a post 
processing method is required to get rid of these irregularities for producing precise and 
robust prototypes.  
Ultrasonic Cleaning Bath  
The initial step after lifting the print from the build plate is ultrasonic cleaning. 
Generally, the cleaning of the printed part involves manual removal of the residues 
assisted by a water jet. This process is extremely time consuming, and takes up to 30% 
of the total production time.[32] An ultrasonic bath ensures a rapid and accurate 
removal of the support material from the printed item with the use of low temperatures. 
The object to be cleaned is mixed with a surfactant like soap and placed in the chamber 
that contains an aqueous solvent. The ultrasonic transducer in the chamber produces 
high frequency ultrasonic waves by agitating the liquid in the bath and generates 
millions of microscopic cavitation bubbles.[32] The sound waves engender a powerful 
‘scrubbing brush’ action across the surface of the object, including crevices.[33] Due 
to the huge burst of energy, these vacuum filled bubbles rapidly increase in size and 
just as quickly implode against the surface and release their energy. This produces a 
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shear force that breaks the bonds that hold the contaminants to the part, thus cleaning 
the part [34]. 
Ultraviolet Curing 
Even after the part is cleaned, an additional curing process is required. Although 
the desired parts are obtained, the polymerization reaction is still underway, and the 
necessary mechanical properties are not yet achieved. This is finalized through a 
photochemical process where UV light of 200nm-400nm wavelength is incident on the 
print, which hardens the resin and improves the strength and stability of the part. The 
B9 resin is composed of photo initiators, oligomers, and other monomers like acrylates 
and methacrylates. On incidence with UV light, these photo-initiators undergo a free-
radical chemical process to generate radical initiators or catalysts. These by-products 
induce cross-linking reactions of the functionalized oligomers and monomers to form a 
sturdier cured product. This process wherein the liquid resin is transformed into a cross-
linked polymer due to the conversion of light energy into chemical energy by the photo-
initiators is called photopolymerization. [31] 
However, when this process was done in the open air, notable curving or 
warping of the edges of the print was observed as seen in Figure 8(a). This is due to the 
Figure 8. UV Curing of 3D Printed Molds: (a) A mold that was UV cured and shows warping of the 
edges. (b) A mold that was placed underwater and then UV cured showing an almost flat surface. 
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oxygen present in the atmosphere that hinders the free-radical polymerization process. 
Oxygen reacts with the by-products of the chemical reaction, which is vital for the 
polymerization process, thus preventing it. Since the edges are smaller in cross-
sectional area when compared to the center, the incidence of UV light would have a 
greater effect on it. Furthermore, volume contraction and shrinkage occurs that causes 
the surfaces to bend.[35] [36] Hence, the process is done in the absence of oxygen to 
obtain a flat surface as seen in Figure 8(b).  
There are 3 types of UV light in the electromagnetic spectrum: UV-A 
(wavelengths = 320-400nm), UV-B (wavelengths = 290-320nm) and UV-C 
(wavelengths = 200-290nm). The curing lamps utilized in this procedure emits UV-A 
light of wavelengths ranging from 340-380nm. As per the electromagnetic spectrum of 
water, water is strongly absorbed at most of the wavelengths. As seen in Figure 9, the 
absorption coefficient of water decreases in the UV-A light region indicating that only 










Figure 9. Absorption Spectrum of Water: The absorption spectrum of water as a function of the 




 Moreover, according to Beer’s law, the intensity of light penetrating a material 
decreases exponentially with the distance from the surface. This is expressed by the 




where I/I0 is the fraction of light transmitted through the material, α is the absorption 
coefficient that is a function of wavelength and l is the length of the light path. From 
Figure 9, the absorption coefficient of water for UV-A light is between 10-1 – 10-2 per 
meter. This implies that more UV light can penetrate the material if the length path for 
the light wave is small. [38] 
If the mold is submerged in a deeper dish, more amount of UV-A light is 
absorbed by water, either preventing the curing process or it would require an extended 
amount of time for curing. Hence, the mold is placed underwater in a narrow transparent 
dish and is exposed to UV light for some time. This allows the cross-links to be formed 
that pull the monomer chains closer to each other very rapidly. During the 
polymerization, the long-distance connections between the methacrylates, namely Van 
Der Waals forces are replaced by short and stronger covalent bonds between these 
monomer units, in this manner creating a fully cured part, as seen in Figure 8(b). 
However, placing the part underwater for a long time affects the tolerances and details 
drastically.[39]  
2.2.3 Replica Molding of PDMS 
Valve molds can be created by following the above steps. To obtain the 
miniature elastomeric valves, a process known as replica molding is advocated. The 




characteristics, such as the shape, morphology and structures that are present in the 
master mold. This is done by filling the mold with a prepolymer which cross-links and 
then the resulting polymer is peeled from the mold.  
Preparation of PDMS 
PDMS preparation is done using the Sylgard 184 silicone elastomer, which is 
supplied in a two-part liquid component kit. It consists of a viscous pre-polymer base 
(part A) and a cross-linking curing agent (part B). The two are ideally mixed together 
in a 10:1 ratio by weight and can be cured at both room temperature (RT = 25◦C) or at 
elevated temperatures (T < 200◦C). Temperatures above 200◦C resulted in the thermal 
decomposition of PDMS. By varying the mixing ratio, distinctive mechanical 
properties are achieved due to different proportions of cross-linked and non-crosslinked 
polymers being formed.[40] During mixing, air bubbles are trapped. Hence, the mixture 
is placed in a vacuum degassing chamber for around 15 minutes, before utilization. [40] 
After cross-linking, PDMS becomes a hydrophobic elastomer. 
Surface Treatment 
The process of replica molding is typically carried out by casting the liquid 
prepolymer over a silicone master rather than a rigid mold. Here, the low surface energy 
of PDMS comes into play and allows for the quick release of the elastomeric PDMS 
from its silicone-based master mold. However, this process faces the issue of 
mechanical deformation of the elastomeric master mold as its flexibility allows for the 
manipulation of the size and shape of features present on the mold. In the case of 3D 
printed molds, the master mold is rigid in nature. Thus, appropriate surface treatment 
is required to enable the quick release. This is accomplished by performing a 
silanization process on the mold. The photopolymer resin used to create the mold is 
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hydrophilic in nature and hence, PDMS which is hydrophobic, will have a strong 
affinity to it, making it arduous to peel off the elastomer. The mold is placed in a dish 
and few drops of trimethylchlorosilane (TMCS) are added. Through vapor deposition, 
the mold is made hydrophobic for a while, effectively allowing for easy release.  
Multi-layer Assembly  
A significant benefit PDMS is the ability of bonding the surfaces to itself 
without the use of any adhesives. Assembling multi-layered PDMS structures is 
established by creating a permanent bond between the layers by activating the surfaces 
with oxygen plasma treatment. The typically used vacuum plasma systems are bulky, 
expensive and require high maintenance. Therefore, a simpler and more economical 
means of surface activation is preferred. This led to the development of an inexpensive, 
effective, and portable hand-held corona treater. [41] 
Corona treatment is a type of plasma surface treatment that is used to modify 
surfaces and increase their surface energy. The corona plasma is generated in room 
temperature at atmospheric pressure, without requiring additional vacuum pumps or 
gas cylinders. This low temperature process is conducted by the application of a high 
voltage to a small diameter electrode tip. This results in a visible and localized ‘plasma 
curtain’ called corona discharge being created by the ionization of the air around it. The 
stable corona discharge surrounding the electrode tip is passed repeatedly over the 
entire cross-section of the PDMS surface for 5 to 20 seconds, which depends on the 
size of the surface. When this electric field is applied on the PDMS surface, a 
bombardment of ions on the surface causes its inherent chemical properties to change, 
thereby making the PDMS hydrophilic. The different layers are then pressed together 
and left undisturbed to ensure complete bonding. The effectiveness of this procedure is 
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verified by contact angle measurements, since the plasma dose is directly proportional 
to the contact angle reduction of deionized water on PDMS. It is observed that with 
corona treatment, the contact angles varied from its inherent value of 105º to close to 
0º. [41] With smaller contact angles, the PDMS surfaces bonded solidly. The presence 
of contaminants on the surface can derail the bonding process.  
By weighing the pros and cons of the various techniques that can be used to 
fabricate a multi-layered valve, it is seen that a hybrid process works best. Thus, by 
following the sequential steps of fabrication as seen in Figure 10, a well-bonded, multi-















Figure 10. Fabrication Process of PDMS Valves: The flowchart depicts the fabrication process 




CHAPTER 3: MICROFLUIDICS FOR SDCS 
3.1 History of Microvalves 
 Although the development of microfluidics started as early as the 1970s, 
commercialization of these microfluidic valves began only with the introduction of the 
soft lithographic techniques in the late 1990s.  Historically, one of the very first micro-
machined valves was a magnetically-actuated, solenoid plunger valve designed by 
Terry et al in 1978 for use in gas chromatography. [42][43][44] These valves were 
operated by actuating a thin silicon diaphragm that sealed the fluid flow in the 
microchannel with the help of a solenoid.[44] After a decade, a microvalve was 
designed that needed no electromechanical actuation. Instead, the disturbances in the 
inlet pressure and the fluidic pressure on the top and bottom surface of the membrane 
gave rise to the design of a constant flow-rate valve. [43][45] Since the actuation 
schemes available at that period were incapable of generating enough mechanical force 
to actuate the valve, in 1990, Huff et al introduced a pressure-balancing strategy in order 
to augment these forces. This design emphasizes on the balancing force provided on 
the mobile element of the valve by the fluid pressure. The mobile element here is a 
plunger, which is composed of a circular base and cap. The fluid pressure 
simultaneously provides an upward force on the plunger cap, tending to close the valve 
and a downward force on the plunger plate causing the valve to open. Hence, the 
actuation scheme, in this case electrostatic actuation, requires only a small force to open 
the valve. [46] The first commercially available microvalve was based on a thermal-
pneumatic actuator system.[45] Soon after, microvalve array systems were fabricated 
that used electrostatic actuators. Since then, a myriad of microvalves have been 
manufactured for different applications. The boost in fabrication technology for 
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microfluidics in the recent years have shown an increase in the number of such systems 
that have been developed for point-of-care diagnostics.[10]  
However, the miniaturization and commercialization of these microfluidic systems 
are far overdue because of the emergence of new challenges in their production. From 
a practical viewpoint, the lack of reliable and low-cost microfluidic components, 
especially microvalves, have hindered the progression of such devices in the healthcare 
industry. [47][48] In order for these miniature valves to accurately meter flows, certain 
specifications are to be satisfied by the valve. 
i. Leak Rate: This term refers to the rate of leakage of the valve. An ideal 
valve, when open, would allow a fluid flow and prevent leakage when it is 




      
 where Qc and Qo are the flow rates in the closed and open state respectively 
during a constant pressure operation of the valve. [44] However, the 
construction of valves is laden with defects, which consequentially incites 
leakage. This calls for measures to be taken for limiting the leakage rate to 
obtain an efficiently functioning device.  
ii. Valve Conductance: This denotes the maximum rate of fluid permitted 
through the valve. It is also a function of applied pressure, which is a direct 
consequence of the valve design.  
iii. Response Time: In general, the response time is defined as the time taken 
between actuation of the valve and the signal output. It ranges from 





iv. Energy Efficiency: Since these valves are designed for implementation in 
portable platforms, a low energy footprint is crucial. This energy 
requirement also depends on the type of actuator used.  
v. Actuation Pressure: An order of decrease in the size of the device results in 
twice the increase in actuation pressure required to maintain the flow rate. 








where A is the surface area of the valve and L is the length scale. [48] 
vi. Reliability: A valve with mechanical parts is considered reliable when it 
effectively functions over a long duration without any failures. In terms of 
PDMS based valves, the shelf life of the device is critically shortened by the 
aging of the polymeric material due to exposure to sunlight and other 
factors. 
General Valve Structure 
 With these specifications, the general structure of a valve can be built. The basic 
structure of a valve entails three-layers: a fluidic layer containing the fluidic pathways, 
an elastomeric membrane which is deformed to manipulate the fluid flow and a control 
layer to actuate the membrane.[48][49] The deflection of the membrane allows for a 
change in the initial state of the valve. A valve can be molded into three possible 
configurations: normally open, normally closed and bi-stable. A valve in the bi-stable 
configuration can remain in either the open or closed states and the transition between 
these stages requires only a power input and no energy consumption. [50] Microvalve 




membrane, and fabrication technology. Among these factors, the actuation mechanism 
is widely used as a parameter for classification.  
3.2 Microvalve Classification 
Within the last 30 years, a multitude of microvalves have emerged that satisfy 
the criteria mentioned above. Broadly, these microvalves can be categorized into two 
major groups based on their actuation principle: passive and active microvalves. Further 
classification involves the use of mechanical or non-mechanical parts and external 
actuation in the case of active valves. The passive valve operation is maintained with 
the help of the fluid flow itself. On the other hand, active valves function through an 
actuation mechanism for permitting, stopping or controlling the fluid flow through the 
system. [51] 
3.2.1 Passive Valves 
 These microvalves are basically check valves that are used to block the fluidic 
flow in one direction. Most passive valves function by the action of pressure on 
mechanical elements that obstruct the passage of the fluid, sanctioning the fluid flow 
during favorable pressure conditions and remaining closed under the reverse pressure 
conditions.[52][42] This results in a high flow rate in one direction and a relatively 
smaller flow rate in the opposite direction. As they do not include any form of actuation, 
these valves cannot be controlled externally.[53] The passive mechanical valves are 
generally based on a beam, membrane, spherical ball or other mobile structures that are 
displaced by this fluid flow caused by the application of a forward pressure. The most 
commonly used one is a simple system that consists of an elastic beam as the mobile 
element that blocks an orifice. The fluid pressure applied causes the beam to rise up 
and let the fluid flow through and in the reverse direction, the beam elastic member 
seals the orifice, prohibiting the flow.[42][52] The passive non- mechanical valve 
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system uses surface tension properties and changes in flow resistance due to changes in 
channel dimensions to control the flow of fluids. [51] The hydrodynamic valve follows 
this principle. Since this kind of valve has no moving parts, it cannot sustain a back 
pressure due to which it is normally open. Instead, the opening and closing states of this 
valve is obtained by the asymmetry in the forward and reverse flows that can be 
implemented in the valve geometries.[42] Nevertheless, they have extremely slow 
reaction times and are susceptible to fluid leakages. 
3.2.2 Active Valves 
The active valves have two major modes; switching mode where the valve either 
allows the fluid flow and thereby the current flow or it shuts off this flow and a 
controlling mode, where the valve is coupled with a sensor or microcontroller to control 
a fixed pressure or fixed flow rate within the system. Most active microvalves have 
either a beam or membrane that blocks the fluid path when the valve is inactive. The 
mechanical active microvalve couples a mechanically movable membrane with a type 
of actuation mechanism, being magnetic, electric, piezoelectric or thermal actuation. In 
the non-mechanical active system, the flexible membrane is actuated due to the phase 
change of the smart materials that the system is composed of. [47] External active 
valves use external bulky systems as a method of actuation. There is no universal 
actuation mechanism that can fit all the microvalve applications, consequently one can 
decide on the best method based on the microvalve system requirements.  
Valve Actuation Mechanisms 
Actuators have several functions for enabling proper valve operation. The 
actuator needs to provide enough force and displacement for moving the membrane to 
the desired position. It should also be able to hold the membrane in that necessary 
position for a particular period. Akin to the valve specifications, certain aspects 
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regarding the actuation mechanisms also must be addressed for efficient valving 
process. Actuation pressure plays a vital role in the valve performance. Based on the 
generated pressures, the actuators can be divided into three categories: high-pressure, 
medium-pressure and low-pressure actuators.[48] Some examples of these actuator 
groups are as seen in Figure 11(a): a stack-type piezoelectric actuator engenders a high 
pressure, pneumatic, shape memory alloy and thermomechanical actuators produces 
medium pressure and electromagnetic, piezoelectric, electrochemical and chemical 
actuators belong to the low-pressure group. Besides the intensity of pressure being 
generated by these actuator procedures, the response time is another such selection 
criteria. The electrostatic actuators have a value of tresponse <10-4s, which results in a 
fast switching between the open and closed states. Pneumatic, shape-memory alloys 
and chemical actuators represent the other end of the spectra with a value tresponse >1s 
as seen in Figure 11(b). The energy density of the actuator forms another imperative 
element. It is determined by the work generated by the actuator and the volume of the 
actuator as shown in equation (4). Since work is a function of the force supplied (F) and 
the resulting displacement (d) as defined by equation (5), the energy density can be 
improved when the actuator delivers a large force over a small displacement or vice 
versa. 
                       Energy density = Total work generated / Volume of the actuator       (4) 
                                                            𝑊 = 𝐹 ∗ 𝑑                                                       (5) 
As seen in Figure 11(c), piezoelectric and shape memory alloy actuators provide 
a high energy density. This implies that they can store a large amount of energy within 
a small volume. Though the energy density does not scale with miniaturization, a small 
actuator size will be able to contribute only a limited amount of energy. [48] Apart from 
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these characteristics, parameters such as size, lifetime, power consumption and 
manufacturing requirements ought to be considered. Hence, the pros and cons of each 











(a) Active Non-Mechanical Microvalves 
These miniature valves are established on the principle of phase change effect. 
Various phase transformation materials, such as hydrogel, sol-gel, paraffin and ice have 
been suggested for actuating membrane valves, making them suitable for portability. 
These materials exhibit volumetric changes which in turn is used to control membrane 
deflections.[10] The popular phase change microvalves include the use of wax [54], 
thermoresponsive polymers (pNIPAAM), hydrogels (PEG-diacrylate),[55] alginate, or 
temperature-sensitive liquid(FC-40).[56] While the fabrication process for these valves 
is challenging due to the need to integrate these materials inside microchannels, the 
 
Figure 11. Characterizing the Actuation Mechanisms: The operational ranges for different 
parameters involved in the selection of the actuation mechanisms used in microfluidic valves. (a) 
Actuator generated pressures (b) Response times for actuators to allow switching between open-close 
or close-open states (c) Energy density range. The shape-memory alloy method is highlighted as it 




valves are indeed compact, leak-proof and self-actuated.[57] These valves are 
characterized by small volume change upon phase transformation and slower response 
times of tens of seconds to several minutes. Because of these limitations these valves 
are typically designed to operate for microchannels on the order of tens of microns.[10] 
(b)        Active Mechanical Microvalves 
Alternative on-board approaches that overcome these challenges consist of the 
following actuation mechanisms for use with active mechanical microvalves. 
(i) Electromagnetic Actuation 
This form of actuation relies on the magnetic force generated by an 
electromagnet, permanent magnet or a hybrid attached to the membrane.[51] By using 
an external electromagnet for actuation, large magnetic fields can be generated that can 
actuate multiple valves simultaneously. However, several external components such as 
electromagnet solenoid coils and cores are desired, which snowball the overall size of 
the valve, resulting in an increased power consumption and complex microfabrication 
process. [42] The hybrid-integrated valve uses a relatively lower power to increase the 
magnetic forces. The mobile element can be integrated with coils or mounted with 
permanent magnets that is propelled by actuating external coils as seen in Figure 
12(a).[48] Aside from membranes, ball-type valves exist. They consist of a spherical 
metal ball that is placed on the outlet orifice and prevents the fluid flow. When an 
external magnetic field is applied, the micro-ball moves upwards, hence opening the 
valve. [47] These types of microvalves face the three principal drawbacks: they are 
composed of rigid electromagnetic components, which prove to be ineffective for soft 
microfluidic valve applications, they are relatively expensive and scaling down of the 
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electromagnetic forces is disastrous. The induced force of a conductor in a magnetic 
field is governed by Faradays’ law. It can be expressed as equation (6),  
𝐹 = 𝑖𝐿𝐵 
where i is the current passing through a conductor of length L in a magnetic field, B. 
As the conductor is scaled down by a factor of l, the current, magnetic field and length 
scales correspondingly as in equation 7. 
𝑖 ∝ 𝑙2 ;  𝐵 ∝ 𝑙  ;   𝐿 ∝ 𝑙  
As the size decreases, it is more difficult to generate large magnetic fields with small 
cross-sectional area conductors. The proportional relationship between the force and 
the fourth power of the size of the valve makes the miniaturization of these valves 
arduous. [58] 
(ii) Electrostatic Actuators 
When a voltage is supplied to the actuator, an attractive force develops between 
the oppositely charged electrodes, which in turn causes the valve to shut. These 
electrodes are placed on the membrane and the valve seat as observed in Figure 12(b). 
[42] Some of the advantages surrounding this actuator includes the very fast response 
time for switching between states and low power consumption. The electrostatic force 
is expressed by equation (8), where A is the area of the plates, d is the spacing between 
the two plates, 𝜀𝑟 is the relative dielectric coefficient of the plates and 𝜀0 is the 
permittivity of vacuum. [42], [47], [48] 













One significant disadvantage is that electrostatic actuation is suitable only for 
obtaining small displacements. As per this equation, the force is inversely proportional 
to the square of the distance between the two electrodes. For a smaller displacement, a 
larger force can be produced. As this actuation requires a high voltage to be supplied, 
the electrodes should be insulated, since direct contact with the fluid would result in 
electrolysis. Thus, this method is limited to gas applications.[51] 
(iii) Piezoelectric Actuators 
Piezoelectricity refers to the concept of applying an electric field to certain 
crystalline materials, such as zinc oxide and lead zirconate titanate (PZT) for producing 
a mechanical strain of less than 0.1%.[42] Figure 12(c) shows that an applied voltage 
can cause the membrane to expand or contract, mirroring the process on the valve 
diaphragm. As these materials have a high Young’s modulus, the induced stress is in 
the order of several megapascals. Hence, piezoelectric actuation is widely used in 
applications that require a large force and small displacements, such as micropumps. 
Furthermore, deposition of these materials as a thin film on the membrane is tricky. 
Also, as thin-film actuators lack the ability to deliver enough force necessary for 
microvalves, external actuators are required, leading to bulky sizes.[48] 
(iv) Bimetallic Actuators 
Bimetallic strips are two bonded solids with a mismatch in the thermal 
coefficients of expansion. When the actuator is heated, they bend or morph the 
membrane to which it is attached to and this is observed in Figure 12(d). This is often 
known as thermal bimorph actuation. The heat required for actuation is provided by 




(v) Pneumatic/ Thermo-pneumatic 
Pneumatic actuations are highly favorable in microfluidic applications. In this 
process, the flexible membrane is displaced within several hundred milliseconds by the 
application of pressure from an external pressure source. [42] A positive suction is used 
to deflect the thin elastic membrane to open the valve, whereas pressurized air is used 
to seal the valve.[10] Regardless of the reliability of this method, it necessitates off-
chip apparatus such as compressed air supply, gas regulators and a vacuum pump. Thus, 
these valves are useful in applications where off-chip actuation is available. It proves 
to be insufficient for some point-of-care technologies where on-chip actuation is 
preferred. 
Thermo-pneumatic microvalves involves a volumetric thermal expansion of 
gas, liquid or solid to apply pressure on the valve membrane.  This temperature-
controlled, phase change process allows high actuation pressures to be applied against 
the membrane, ensuring the closing, or opening of the valve. However, as seen in Figure 
12(e), it requires a heat source in the actuation chamber and a slow phase change 
mechanism, it consumes a lot of power. 
(vi) Shape-Memory Alloy Actuators 
As the name suggests, shape-memory alloy (SMA) actuators undergo a phase 
transformation under the influence of temperature (Figure 12(f)). It transforms from a 
mechanically deformed state called martensite (‘soft’ state) at low temperatures to its 
original undeformed shape, austenite (‘hard’ state) at temperatures higher than its 
critical temperature. Some popular alloy systems include titanium/nickel (Nitinol), 
nickel/titanium/copper and nickel/titanium/palladium. For microvalves, the heat 
required to bring about this change is generated by passing electric current directly 
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through the alloy wire. With a response time of tens of milliseconds and a power 
consumption of a few hundreds of milliwatts, these actuators prove to be superior to 
the above mentioned processes for successful implementation in microvalves.[48] 
Moreover, they have the highest energy density among all the other methods. 
The shape-memory alloy-based actuation offers a potential solution in this 
context owing to its fast response times. Vyawahare et al were the first to use a Nitinol 
‘muscle’ wire for operating a PDMS based microvalve.[59] The Nitinol actuator 
exhibited a phase transition upon passing electrical current through it and generated a 
pull force to open/close the valve. Their device could open and close a 10µm channel 
 
Figure 12. Actuation Principles of Microvalves: Diagrams illustrating some of the widely used 
actuation principles for active microvalves. (a) Electromagnetic (b) Electrostatic (c) Piezoelectric 





by passing 230 mA currents through the wire. Similarly, Gui and Ren used a coiled 
Nitinol wire to build normally open and normally closed microvalves in PDMS. [10] 
3.3 SDCS Valve Requirements 
While these reports mentioned above show preliminary promise of 
electromechanical actuation for making autonomous microvalves, a microvalve design 
with lower power consumption would make it suitable for portable and field-deployable 
applications. [59] The valve needs to be operated entirely in an autonomous way with 
the power consumption consistent with the use of a small battery, without the use of 
any external apparatus. The geometry of the valve should minimize the overall force 
requirements for the flexible membrane. The actuation mechanism for SDCS must be 
on-chip, energy efficient and should easily interface with the valve material. The entire 
assembly should be capable of being packaged in a relatively compact manner while 
maintaining a robust operation. [10] Thus, this thesis focuses on a popular valve 
architecture, the plunger-membrane microvalve. 
Actuation Mechanism 
The mechanism of actuation for the valves is vital for the viability of the device. 
Out of several possibilities of valve actuation mechanisms, the shape memory alloy 
actuators are ideal candidates considering their current based reversible actuations. 
Specifically, the Nitinol muscle wire exhibits a remarkable shape memory property by 
contracting its length by approximately 4% under the application of electrical current 
and returning to its original shape after the withdrawal of the driving current. If the 
current passed through the wire is under a threshold value provided by the 
manufacturer, the wire can withstand millions of repeated stress cycles. At optimal 
actuation conditions of driving current, a 50µm diameter Nitinol wire can generate a 
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maximum pull force of 36 grams. Although the pull forces can be increased by passing 
more current, the wire suffers from irreversible shape changes due to excessive 
thermally induced stresses, limiting its long-term use. A miniature valve constructed 
with an actuation trigger force of 36 grams or less can potentially lead to the 
development of a miniatured SDCS implant. 
Impedance Requirements  
Moreover, the impedance requirements for the microfluidic valve imposed by 
the SDCS system design stem from the necessity to maintain a maximum safe 30V 
compliance voltage within the device but still deliver up to 200uA of output current. 
Due to this constraint, a maximum limit of 35kΩ was imposed for the open valve state 
and a minimum of 10x increase in impedance from the open to closed state is required 
to ensure efficient device operation. 
 These requirements form the basis on which the miniature valve is designed. 
The following sections mentions the different experiments carried out for optimization 
and testing of these plunger-membrane structures for validating their use in the SDCS 
technology.  
3.4 Experiment 1: Characterization of Normally-Open Valve Geometry 
To satisfy the pull force criterion, the geometry and material of the valve plays 
a significant role in determining the force needed for a complete and effective valve 
closure. Based on the microfluidic valve design from Vyawahare et al,[59] abbreviated 
as squeeze valve (SV), a comparison was carried out between four distinct miniature 
fluidic valves made from PDMS and capable of being actuated with a Nitinol muscle 
wire. Two implementations of this squeeze valve are examined; one with a 0.5mm 
diameter (SV0.5) and the other with a 1.5mm diameter (SV1.5) lumen. The designs are 
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further modified into a multilayer plunger valve (PV0.75 and PV0.85). These two valve 
designs, named squeeze valve (SV) and plunger valve (PV) are initially pictured to be 
in normally open states. Each valve has a thin layer of flexible membrane that is 
deformed under the action of the pull force generated by the Nitinol muscle wire. When 
the membrane is sufficiently deflected, it physically blocks the adjacent fluidic channel, 
thereby increasing the overall ionic impedance. The feasibility of using these four valve 
types for SDCS technology is tested. 
3.4.1 Fabrication Methods 
Valve Construction 
There are key structural differences between SV and PV valves. Firstly, the SV 
valve has a single layer of fluidic channel underneath its thin elastic membrane, 
whereas, the PV valve has two fluidic channels stacked on top of each other, connected 
via a vertical through hole. Secondly, the plunger valve is designed to include an 
additional structural element, called plunger, which is a small block of PDMS attached 
to the thin elastic membrane. The mechanism by which that pull force is translated in 
the valve closure is slightly different for both designs. In case of a closed SV valve, the 
entire fluidic channel is squeezed by the deformed membrane thereby blocking the ionic 
flow. On the other hand, the vertical through hole is blocked by the downward motion 
of the plunger in closed PV valve. Figure 13 shows schematic representations of cross-
section of each type of valve. Other critical structural details such as fluidic channels, 
the plunger, the placement of nitinol wire etc. are also highlighted and labelled in the 
same figure. The right column in Figure 13 shows the conformational changes in the 




Figure 13. Depiction of Valve States: The top row shows the schematic of the open and closed states 
of a squeeze valve. The bottom row shows the schematic of the open and closed states of a plunger 
valve. 
 











For an SV valve, the change of the cross-sectional area is governed by the 
overall bending characteristics of the thin membrane and in turn is a strong function of 
the channel depth. Hence, a valve with shallower channel will need a small trigger force 
for its complete closure than a valve constructed with a deeper channel. To test this 
hypothesis, two squeeze valves were designed and tested, each with a different channel 
depth, while keeping the membrane layer thickness constant at 0.1 mm. The valves are 
denoted as SV0.5 and SV1.5, where subscript denotes channel depth of 0.5 mm and 1.5 
mm respectively. The fluidic channels were half rounded for effective valve closure 
compared to a rectangular cross-section.  
Unlike the SV valve, the bending of the membrane is translated to the downward 
motion of the attached plunger in case of PV valves. Even if the membrane does not 
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block the entire fluidic channel, the plunger effectively blocks the vertical through hole, 
thereby making this design very sensitive to the applied external force. This became the 
foundation for the hypothesis that stated that this modified valve structure will require 
lesser closure force than the SV valves and is strongly dependent on the height of the 
plunger. Two PV valves, PV0.75 and PV0.85, where the subscript denotes plunger height 
of 0.75 mm and 0.85 mm respectively were constructed and tested. The membrane layer 
thickness and fluidic channel layer depth were held constant at 0.1 mm and 1 mm 
respectively. The connecting vertical cylindrical through hole was 1.6 mm in diameter 
and 0.75 mm in height. For a perfectly closed valve, the impedance measured across 
the valve should be infinite in theory. For this study, an increase of 10-fold from the 
open valve impedance value was selected as the criterion for representing a closed valve 
state. The feasibility test for SDCS was conducted by measuring the closure force 
required to close the valve and valve impedances for all four valve designs as the valve 
is being closed. 
Valve Fabrication 
The valves were fabricated by replica molding of poly-dimethyl siloxane 
(PDMS). The squeeze valve was constructed by bonding two separately molded layers 
of PDMS, namely fluidic channel layer and the thin membrane. On the other hand, the 
plunger valve consisted of a total of four layers: 2 fluidic channel layers, an intermediate 
layer for the vertical through hole connecting the two channels and a membrane layer 
with a plunger.  The molds for each layer were created using a 3D printer (B9Creations, 
South Dakota), which used a photo curable polymer resin (B9R-2 Black Resin, 
B9Creations, South Dakota). The printed molds were rinsed with distilled water to 
removed uncured polymer traces. The masters then were post cured using a UV lamp 
for 12 hours. For an easy peeling-off of cured PDMS blocks, the molds were first treated 
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with a corona treater (BD-20AC, Electro-Technic Products) followed by silanization 
using vapors of trimethylchlorosilane (Sigma-Aldrich). A 10:1 wt./wt. mixture of pre-
polymer mix of PDMS and curing agent (Sylgard 184 Elastomer Kit, Dow Corning) 
was poured over these molds and cured on a hot plate at 80°C for 12 hours. For the 
membrane layer, PDMS mixture was spin coated at 1000 rpm for 10s using a spin 
coater. The cured PDMS layers were then plasma treated again and carefully stacked 
on top of each other, maintaining the alignment. As the final step, a button was mounted 
on the uppermost membrane layer and a nitinol wire was looped around this button. 









3.4.2 Test and Measurement 
A schematic of the experimental setup along with the test circuit to measure 
valve impedances is shown in Figure 15. Before each test, the fluidic channel was filled 
with a 0.9 M NaCl saline solution that served as a medium for ion conduction. The 
nitinol muscle wire was looped around the button and both the ends were securely 
 
Figure 14. Normally-Open Valve Fabrication Process: (A)-(D) General steps involved in the 
fabrication process of the chip. (E) Photograph of an assembled PDMS valve. The fluidic channel 
was visualized using an orange colour food dye. (F) Zoomed-in view showing the resin button around 




attached to a micromanipulator. A 5V, 1kHz waveform was applied across the channel 
and a digital force gauge was used to displace the wire tip in a controlled manner. The 
resulting pull force on the button was recorded at every step along with the voltage 
measured across the sense resistor. Testing experiments were repeated three times with 









3.4.3 Results  
Through the above impedance measurements test set-up, the pull force required 
for a complete valve closure was determined for all the four valve designs, i.e. squeeze 
valves, SV0.5, SV1.5 and plunger valves PV0.75 and PV0.85. Figure 16 (top) shows the 
impedance vs force characteristics of squeeze valves. The general upwards trend of the 
force-impedance curves can be explained simply by replacing the impedances by ionic 
resistances.  
The SV1.5 valve impedance was measured to be 9.5kΩ, satisfying our set design 
criterion for maximum open valve impedance for SDCS. However, even with a force 
 
Figure 15. Testing Setup of Normally-Open Valves: Experimental setup where a sinusoidal input 
signal is applied to the test chip. The displacement of the muscle wire is varied, and the corresponding 
force is obtained from the force gauge. The change in amplitude of the output voltage signal is used 







Figure 16. Impedance Characterization of Squeeze Valves: (top) Impedance vs applied force 
characteristics with for the two squeeze valves, SV0.5 and SV1.5. Zopen_max refers to the maximum 
impedance for an ideal SDCS open valve. (bottom) Impedance vs applied force characteristics for 
































as large as 120 grams, the valve could not be closed completely, as indicated by a 3-
fold increase in final valve impedance. In contrast, closure force for SV0.5 was found to 
be 52 grams, which is close to the 36 grams design valve criterion. However, its open 
valve impedance was measured to be around 95 kΩ, substantially higher than the 
allowed maximum open valve impedance. These results conclude that both squeeze 
valve designs fail the feasibility test for SDCS and considerable design improvements 
















The force-impedance analysis of PV valves with the plunger height of 0.75 mm 
and 0.85 mm can be seen in Figure 16 (bottom). For the PV0.75 valve, the initial open 
valve impedance was measured to be 1 kΩ, while for the PV0.85 valve it was 5 kΩ, both 
passing the initial test for the low open channel impedance.  
Figure 17 (top) shows the plot of applied force vs normalized impedance for 
both PV valves. In the same plot, the 10-fold valve increase is highlighted to visually  
 
Figure 17. Impedance Characterization of Plunger Valves: (top) Normalized impedance 
characteristics for the plunger valves PV0.75 and PV0.85 with varying actuation force. (bottom) 
Normalized impedance characteristics for the plunger valves with respect to wire displacement. 
 



































depict the closure criterion. Both PV valve designs were found to be much more 
sensitive than the SV valves, with PV0.85 requiring lower force and a smaller 
displacement to close as compared to PV0.75. The PV0.75 valve with a plunger height of 
0.75 mm required a force of 32 grams for 10-fold impedance increase. The PV0.85 valve 
with a longer plunger height of 0.85 mm, required only a force of 14 grams for its 
closure. This drastic change in the valve sensitivity can be attributed to the structural 
design and improved bending characteristics by incorporation of the plunger on the 
membrane.      
For understanding the membrane deformation of the SV and PV valves, we 
plotted the normalized channel impedance values as a function of the nitinol muscle 
wire displacement in Figure 17 (bottom). While it is difficult to measure the 
displacement of the plunger, the plot gives an insight to the amount of displacement 
needed for the required closure. The PV0.75 and PV0.85 valve required a displacement of 
0.6 mm and 0.75 mm respectively to achieve valve closure. These results confirm the 
hypothesis that by increasing the height of the plunger, the valve sensitivity is enhanced. 
However, there is an optimal plunger height beyond which further increase will violate 
the initial open valve impedance criterion for SDCS. 
3.4.4 Discussions 
This experiment examined two valve designs for their practicability in SDCS 
technology. Two feasibility criterions were used other than the valve footprint: 1) 
maximum allowed initial open valve impedance of 35 kΩ as dictated by safety and 
power requirements of the SDCS system design and 2) maximum complete valve 
closure force of 36 grams as set by the nitinol wire manufacturers for reversible long-
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term actuation. It was ascertained that both the squeeze valve designs could not satisfy 
the feasibility test, whereas the PV valves designs passed the feasibility criterions.  
3.5 Experiment 2: Characterization of Normally-Closed Valves 
From the results obtained in Experiment 1, it was safely concluded that the 
channel depth and plunger height are two of the most crucial parameters that dictate the 
PV valve performance. By increasing the height of the plunger, the required pull forces 
can be decreased but at the same time the initial open valve impedances increases. An 
optimization screen is thus needed as a next step to minimize the power requirement of 
operating PV valve. Power delivery for the SDCS device is contingent on the 
application. Since they devices are intended for in-vivo animal studies, it should be 
powered by 3.7V, which corresponds to the voltage supplied by rechargeable lithium-
ion batteries. Aside from the power requirements of SDCS, various microvalve 
architectures designed for such in-vivo and point-of-care diagnostic application 
requires larger channels, autonomous actuation, and portability. This can be achieved 
by improvising the normally-open design into a normally-closed valve that is capable 
of a fully autonomous actuation for wide diameter microchannels (tens to hundreds of 
µm). It was further speculated that this type of valve design would require a smaller 
force to open the valve, in comparison to the normally-open valve layout. A 50 μm 
Nitinol shape memory alloy wire is incorporated into the device and can operate the 
valve when actuated with 100 mA current delivered from a 3 V supply. The valve is 
characterized for its actuation kinetics using an electrochemical assay and its reliability 
is tested at 1.5s cycle duration for 1 million cycles, during which no operational 





3.5.1 Fabrication Methods 
 
Valve Construction 
For this experiment, a normally-closed multilayer plunger-membrane valve is 
constructed and actuated with a shape-memory alloy. Figure 18(a),(b) shows a 
schematic representation of the cross-sectional view of the valve. The microvalve 
consists of three conceptual parts: (1) a thin elastic PDMS membrane with an attached 
cylindrical plunger, (2) an upper and a lower fluidic channel, and (3) a vertical through-
hole connecting the two channels. A Nitinol shape-memory alloy wire was embedded 
in the membrane layer right above the plunger base. The SMA wire undergoes a phase 
transition when an electrical current is passed through it. This results in contraction of 
its length, thereby generating a pull force on the attached PDMS membrane and 










Figure 18. Normally-Closed Valve Design and Fabrication: (a) Schematic representation of the 
microvalve cross section. Under no electrical actuation, the valve is in closed state. The layers 1, 2, 
3 delineate the parts of the valve that were manufactured from the same molds. (b) When the Nitinol 
wire is actuated electrically, pull force generated on the membrane lifts the plunger upward thereby 
opening the valve. (c) Image shows the process of embedding 50-μm surgical suture wire in the 
uncured polymer matrix. The Nitinol SMA wire was looped around this suture in the final assembly. 
(d) Image showing the embedded surgical suture wire in the PDMS membrane layer after the polymer 
has cured. (e) The assembled microvalve with bare metal electrodes embedded in the inlet and the 
outlet for electrochemical impedance testing. (f) Nitinol wire anchoring for electrical actuation using 
low temperature solder.  
 






shape upon withdrawal of the electrical stimulus, allowing the miniature valve to close. 
The driving current and the geometry of the valve determine the amount of force 
generated and the resulting displacement of the plunger.   
Valve Fabrication 
Reagents and materials 
Nitinol SMA “muscle” wires of 50 µm diameters, 3–130 MW Flexinol 050 HT, 
were purchased from Dynalloy, Inc. (Irvine, USA). A two part 184 Sylgard elastomer 
kit containing poly-dimethylsiloxane (PDMS) pre-polymer mix and a cross-linking 
agent was purchased from Ellsworth Adhesives (WI, USA). A photocurable polymer 
resin, B9R2, was purchased from B9 Creations (South Dakota, USA). Sodium chloride 
(NaCl) was purchased from Sigma-Aldrich. Chlorotrimethylsilane was purchased from 
Sigma-Aldrich and used for surface treatment. 
Device Fabrication 
The normally closed microvalves are made from PDMS using a soft lithography 
fabrication protocol. Each valve layer was manufactured separately and assembled. 
First, CAD designs were created using the SolidWorks software, and molds for each 
layer were 3D printed (B9Creations, South Dakota) using the photocurable resin. The 
manufactured valve layers corresponding to the specific three molds are delineated in 
Figure 18(a). Layer 1 contains the upper channel, the top membrane, and the plunger. 
Layer 2 contains the through hole and the lower channel. Layer 3 is a nonpatterned 
PDMS base layer. The printed molds were then rinsed thoroughly in an ultrasound bath 
with DI water containing a commercial surfactant (dish washing liquid) to remove 
uncured polymer traces. The molds were then post-cured under UV light for 12 h for 
further solidity. To peel off the casted PDMS layers easily, the mold surfaces were 
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treated with a corona discharge (BD-20AC, Electro-Technic products) followed by 
salinization with trimethylchlorosilane. A 10:1 wt.% mixture of PDMS pre-polymer 
and curing agent was degassed in a vacuum chamber to remove any air bubbles and 
poured over each mold. A 50-µm surgical suture wire loop (approximately 5 mm 
diameter) was carefully embedded in the uncured polymer in the membrane layer using 
micromanipulators to position the loop inside the plunger. The assembly was put on a 
hot plate to cure at a temperature of 90 °C. Initially, the nitinol SMA wire was 
intentionally embedded in the membrane layer to avoid the thermal damage to the 
actuator while the PDMS cures. Instead, the Nitinol actuator was looped through this 
suture wire before fixing its ends on a breadboard. All the other layers were then baked 
in an oven at 90 °C for curing. The PDMS layers were carefully peeled off, then aligned 
using the alignment marks, and sequentially bonded together using a corona discharge 
to form the microfluidic valve as shown in Figure 18(c), (d). The assembled PDMS 
chip was mounted on top of a single sided breadboard. The free ends of the embedded 
Nitinol SMA wire were then anchored to the breadboard nods using a solder (Rosin 
Core, Alphametals Inc.). It was made sure visually that the wire did not have any sag 
before anchoring it to the breadboard. 
3.5.2 Test and Measurement 
Electrochemical assessment of valve opening and closure 
An electrochemical assay was used to study the microvalve performance, 
tantamount to a previously described study [50]. This electrochemical assay compared 
to a flow-based assay that offers a higher-precision monitoring of valve leaks. To assess 
the valve performance during its operation, an AC signal was applied across the fluidic 
channel containing an electrolyte solution as shown in Figure 19(a). In the closed state 




Figure 19. Testing Setup of Normally-Closed Valves: (a) Schematic for the characterization setup 
and electrical test circuit for optimizing pull force for the plunger-membrane microvalve. Inset image 
shows valve carrying a 1-M NaCl electrolyte solution in the channels along with two bare metal 
electrodes for electrochemical assy. (b) Test setup showing the electrical actuation of Nitinol SMA 
wire using a pulse generator. 
















The different valve states: open, closed, and partially open/closed can be 
differentiated by comparing the strength of ionic currents flowing through the channel. 
After the valve fabrication step, the channels were filled with an aqueous electrolyte, 
containing 1-M sodium chloride dissolved in deionized (DI) water. It was ensured that 





resistances, thereby impacting the results. Two bare metal electrodes were inserted 
upstream and downstream of the valve in the upper and lower fluidic channels, 
respectively. The electrodes were connected to a function generator, which provides an 
input signal of 5 V at 1 kHz across the embedded electrodes. The current was measured 
from the voltage measured across a 56-Ωm sense resistor using an oscilloscope. The 
electrical test circuit used is shown in Figure 19(a). The input signal frequency of 1 kHz 
was chosen to minimize the damage to the electrodes during the measurements. Such 
electrode damage occurs at lower frequencies owing to the irreversible Faradaic 
reactions. The kinetics of valve operations including valve opening times, closing 
times, and percentage of valve opening were determined by observing the temporal 
changes to the output signal as a function of several actuation parameters. The open 
state of the valve was defined such that it was indicated by an impedance of under 2 KΩ 
and the closed state to be indicated by 20 KΩ or above (10× the open state impedance). 
Based on the calculation of charge per unit time at 5 V, the number of sodium ions that 
flow through the valve is 2.7 nmol/s in closed state. 
Effect of plunger radius and height 
The required pull force necessary to open the valve must be minimized to lower 
the power consumption. Even though there are several parameters in the valve design 
that affect the pull force, the plunger diameter and height as the key parameters that 
dictate the bending characteristics of the flexible membrane. A thinner membrane 
requires less pull force to open the valve fully, but owing to our large channel width, 
the thin membrane can potentially sag into the channels. Membrane sagging can lead 
to a pre-stressed membrane valve, heavily influencing the valve performance. Thus, the 
membrane thickness was kept constant at 100 µm for this study. No visual sagging was 
observed in the membrane at this thickness. Three valves with different plunger heights 
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were fabricated to study their effect on the required pull force. These valves were 
designed with plunger heights of 0.9, 0.95, 1, and 1.05 mm, while keeping the plunger 
radius constant at 1.2 mm (12 valves total). Similarly, to test the effect of plunger 
radius, three valves were fabricated each with radii 1.2, 1.4, 1.6, and 1.8 mm, while 
keeping the plunger height constant at 0.95 mm (12 valves total). The valve opening, 
and closing were assessed using the electrochemical circuit. The two free ends of the 
SMA wire were attached to a micromanipulator and displaced to mimic the shape 
memory alloy actuation. The resulting pull force on the wire was recorded using a force 
gauge, while observing the valve states electrochemically. 
Effect of driving current amplitude and its frequency 
The effect of the driving current signal on the valve performance was studied. 
In this case, a function generator was attached to the soldered ends of the Nitinol SMA 
wire to vary the driving current signal’s amplitude and frequency. The resulting effect 
on the valve performance was reflected in the measured electrochemical current. The 
amplitude of the driving current determines the contraction length of the Nitinol wire 
and significantly affects the generated pull force. Then, the current amplitudes were 
varied from 0 to 150 mA keeping the frequency fixed at 0.67 Hz (1.5 s period). The 
voltage across the SMA wire ranged between 0 and 3 V for this experiment. For 
evaluating the response time of the valve, the frequency of the actuation pulse was 
changed, while keeping its amplitude fixed at 95 mA. 
Valve leakage test 
A leakage test of the microvalve was performed to determine the threshold 
pressure beyond which the valve leaks substantially. Owing to its geometrical 
asymmetry, the valves were tested in both directions to determine the forward and the 
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backward leakage pressure. In the “forward” direction, the inlet (layer 1) was 
pressurized using fluid pressure upstream of the valve, while maintaining the 
atmospheric pressure downstream at the outlet (layer 2). Analogously, in the 
“backward” direction, the outlet was pressurized relative to the valve inlet, which was 
kept at atmospheric pressure. The leakage was determined by measuring the change in 
the electrical impedance across the microvalve, and corresponding pressure was 
monitored by a pressure gauge. 
Long‑term reliability test 
The microvalve design was subjected to long-term reliability test to identify 
failure mechanisms. Two possible scenarios of valve failure were recognized. One is 
the fatigue failure of the actuator SMA wire itself owing to irreversible changes upon 
long-term electrical actuation. In this case, the wire can become permanently elongated 
or break. The second possible failure point is the joint between the SMA wire and the 
PDMS membrane at the embedding junction. To verify this, two tests were carried out 
where the Nitinol wire was actuated with a driving current of 105 mA (N = 2) and 
160 mA (N = 1), respectively, while keeping the cycle duration at 1.5 s. Its performance 
was recorded at intermediate time points using the electrochemical impedance assay as 
described earlier. It is known that higher current can accelerate the fatigue failure 
process, owing to an increased heating of the shape memory alloy. Thus, the valve test 
with 160-mA actuation current also served as the negative control to validate the assay. 
Electrode degradation and electrolyte evaporation posed a challenge in this experiment. 
To overcome this issue, new electrodes and a freshly made electrolyte had to be inserted 





Effect of plunger radius and height 
The effect of plunger size on the required pull force is summarized in Figure 20 
(a),(b). The electrochemical impedance assay was used to assess the valve opening and 
closure. The measured open valve impedance of each variant was found to decrease by 
two orders of magnitude as the valve changed its state from closed to open upon the 
application of force. Figure 20(a) indicates that the pull force needed to open the valve 















Figure 20. Impedance Characterization of Normally-Closed Valve Geometry: (a) Force–
impedance characteristic plot for plungers of different heights. (b) Force–impedance characteristics 
plot for plungers of different radii. N = 3 chips tested for each plunger height in a and each plunger 




For a plunger with a height of 1.05 mm, the required pull force for a complete 
valve opening was found to be around 20 g, whereas for the plunger height of 0.9 mm, 
the force was around 7.5 g. This trend can be explained by considering that the opening 
covered by the plunger was slightly elevated during the manufacturing process due to 
surface tension. During curing, this surface tension created a meniscus at the part of the 
mold filling the opening. The result was that the higher height plungers created a stress 
on the top membrane that was greater than that due to the smaller height plungers in 
their resting state. This tension, therefore, required a larger force to lift the higher height 
plungers. At 0.9 mm plunger height, the impedance when no pull force was applied was 
very near the limit for closed state impedance (20 KΩ), whereas for the higher height 
plungers, this closed state impedance was reached at higher forces. This plunger height 
was selected as the lower limit for this parameter because reducing the plunger height 
beyond this point may not be desired owing to the increase in the closed state leakage 
currents, thereby violating one of the feasibility criteria. 
The effect of the plunger radius on the valve performance is plotted in Figure 
20(b). The required pull force increased with the radius of the plunger. At 1.2 mm, the 
force required to fully open the valve was found to be around 10 g, whereas for the 
radius of 1.8 mm, it was around 20 g. This direct relationship between the plunger 
radius and the force necessary to open the valve could be due to the added contact area 
around the valve opening, resulting in surface area tension due to stiction. Based on 
these characterizations, the height of 0.95 mm and radius of 1.2 mm were selected as 
optimum parameters (i.e., requiring minimum force, while being able to fully open and 




Measurement of valve opening and closing times 
The opening and closing kinetics of the optimized microvalve design are shown 
in Figure 21. The plot shows the time course of measured electrochemical current 
flowing through the valve as a function of the applied electrical stimulus in the Nitinol 
actuator. A time delay of τonset = 0.265 s was observed from the point of the application 
of the trigger to the point where the valve starts to respond. This observed time lag is 
composed of two components. When an electrical current is passed through the 
actuator, there is an intrinsic time delay associated with the phase transition within the 
shape memory alloy. Secondly, there is a bonding force (stiction) initially present 
between the plunger base and the channel. If the applied force on the membrane is not 
greater than this bonding force, the valve remains in a closed state. However, as soon 
as the pull force is greater than this threshold value, the membrane is lifted from the 
surface and the reactionary force component disappears leading to a rapid membrane 
motion in response to the electrical trigger. This membrane motion is reflected in the 
rise of the electrochemical current as seen in the plot. For the valve undergoing testing, 
 
Figure 21. Electrical Actuation of the Plunger-Membrane Valve. A current response of the 
microvalve for Nitinol actuation current of 100 mA for a driving current pulse width of 0.75 s at 




the time constant for this process was found to be τrise = 0.07 s. For the applied pulse 
width of 0.75 s, the valve remained in the fully open state for τdwell = 0.265 s.  
As the electrical pulse was withdrawn after 0.75 s, the measured 
electrochemical current diminished to its baseline value reflecting the closed valve 
state. The relaxation time of τoffset = 0.09 s was observed from the withdrawal of the 
current from the wire to when the valve responded to this change. This time lag 
represents the time associated with the cooling of Nitinol muscle wire to the 
temperature below its phase transition of ~ 78 °C. Once the muscle wire is sufficiently 
relaxed the time constant for closing the valve due to its elasticity was found to be 
τfall = 0.02 s.  
Effect of driving current amplitude and its frequency 
Figure 22(a) shows the effect of driving current amplitude on the valve 
performance. The plot indicates that the current driving the SMA wire needs to be 
greater than 95 mA to open the valve. The transition between open and closed states is 
rather sudden, occurring within only 10 mA, between 90 and 100 mA. This sudden 
transition is attributed to the bonding force between the plunger base and channel 
surface as explained in the earlier section. Figure 22(b) shows the variation of open 
valve impedances as a function of frequency, while maintaining the optimized current 
amplitude of 95 mA flowing through the SMA actuator. The valve remained in the 
closed state for frequencies higher than 4 Hz. For the driving frequencies in the range 
of 2–4 Hz, the valve opened partially. And for frequencies lower than 2 Hz, the valve 
could fully open. This observed frequency behavior can be explained by considering 
onset time lags as discussed in the previous section. The amount of contraction and the 




Figure 22. Valve States Based on the Shape-Memory Alloy Actuation: (a) The valve impedance as 
a function of amplitude of driving current flowing through the actuator. (b) The minimum valve 
impedance as a function of frequency of the applied pulsed signal passing through the actuator. We 
identify a closed valve when the measured impedance values are at least an order of magnitude higher 




frequencies, there is not enough time for the shape memory alloy to fully contract, 
resulting in the valve maintaining its idle closed state. At low frequencies, the actuator 
has enough time to contract fully, thereby opening the valve completely. At the 
intermediate frequencies, the actuator contracts only partially, subsequently making the 





















Long‑term reliability test 
Figure 23 shows the variation of normalized current flowing through the valve 
in its open state as a function of the number of actuation cycles. For the optimized 
driving current of 105 mA through the actuator wire, there was no appreciable change 
in normalized current for one million cycles. In contrast, when the valve was driven at 
160 mA, there was a significant decrease in the open valve current only after 3600 
cycles, indicating that the valve did not open afterwards when it was actuated again. 
The failed microvalve was inspected to identify the possible sources of failure and it 
was confirmed that the joint between the wire and the PDMS membrane was intact. 
However, the Nitinol wire itself was found broken as the result of the higher driving 













Figure 23. Long-term Testing of the Valve: Plot showing long-term testing of the plunger-
membrane microvalve at 105 and 160 mA driving current. The open valve electrochemical current 
is shown on the y-axis, normalized to the starting current. N = 2 for 105 mA test and N = 1 for the 





Figure 24. Leakage Testing of the Valve: Plot showing pressure–impedance characteristics of the 
plunger-membrane microvalve during the leakage test. The valve impedance decreases with 
increasing inlet (positive or “forward”) pressure or with increasing outlet (negative or “reverse”) 
pressure reflecting the leakage incurred. The data were obtained for N = 3. 
 
Thus, the longevity of the valve is a strong function of the driving current and that the 
test and the assay are sensitive enough to detect valve failure. For optimal operation, 
the miniature fluidic valve design appears to reliably operate for one million cycles, 
when operated at driving currents of 105 mA.  
Valve leakage test 
The electrochemical current measured when the valve is closed represents the 
leakage value in our experiments with zero back pressure and was found to be 
substantially lower than when the valve is open. The effects of positive and negative 
back pressure on the overall valve leakage is important for applications which involve 
fluids under flowing conditions. The pressure–impedance plots are summarized in 
Figure 24. As the applied pressure increased from either the inlet or the outlet, the valve 
impedance decreased indicating the valve leakage. A threshold pressure of 1 psi forced 
the valve to open from the normally closed position in the forward direction (when the 
pressure was applied at the inlet), whereas that threshold pressure in the backward 











Through this experiment, a normally-closed microfluidic design for a self-
actuated SMA wire actuated valve was presented. Some features of this design that 
contribute towards a successful implementation for the SDCS technology are 
mentioned. The valve is designed for larger caliber microfluidic channels ranging from 
10 to 100 s of µm in diameter and it can be operated at up to 2 Hz at 95-mA activation 
current. The time taken to open the valve is ~ 0.5 s, and it takes ~ 0.25 s to close the 
valve. The valve is designed for a switch type of operation rather than a gradual flow 
control. The reliable operation of the valve was confirmed for 1 million cycles. The 
microvalve was manufactured using standard microfabrication steps in PDMS and thus 
can be integrated with other microfluidic or valve systems employing these materials 
and manufacturing techniques. This efficient, self-actuated valve design is the first step 
towards the realization of SDCS 
3.6 Experiment 3: Valve Rectification 
As the main purpose of the miniature valve in SDCS is basically the ability to 
rectify the charge-balanced alternating current (AC) waveforms into ionic direct current 
(iDC), it is important to scrutinize the rectifying property of the valve. For this 
experiment, it is hypothesized that the nitinol wire microvalve when synchronously 
actuated with respect to the input AC waveform, a half-wave rectification of the ionic 
electrochemical current flowing through the microfluidic channel would occur. As per 
the SDCS principle, the proposed device would utilize eight valves and four electrodes 
to produce a rectified iDC that is delivered to the neural tissue. The electrodes are 
supplied with the charge-balanced waveform and by conducting a proper switching of 
the valves, ionic current can be outputted.   
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3.6.1 Fabrication Methods 
The normally-closed plunger-membrane valve system is used in this experiment 
for demonstrating its current capability for iDC delivery. Its fabrication has been 
described in the previous experiment.  
3.6.2 Test and Measurement 
To test the feasibility of the valve switching, a monophasic square waveform 
was supplied to the SMA wire, enabling it to periodically shrink and elongate. This 
generated a periodic force, which switched the valve between closed and open states. 
The state switching was observed by driving a small electric signal through the fluidic 
channel and the change in impedance and current through the channel was monitored. 
The experimental setup from experiment 2, as seen in Figure 19(b) is utilized. An input 
waveform of amplitude 5V at 0.5Hz was supplied to the bare metal electrodes that are 
embedded in the upper and lower microfluidic channels, which are filled with a 0.9M 
NaCl electrolyte solution. The muscle wire was also actuated by a 5 V at 0.5 Hz square 
waveform. Synchronization of the muscle wire actuation and the output waveform was 
carried out manually. For verifying the rectification process, the experiments were 
carried out by using both square and sine waves across the fluidic channel. A 5V input 
signal at 0.5Hz was applied in both the cases. 
3.6.3 Results  
The plots in Figure 25 shows the rectification results of an input square wave 
(A) and an input sine wave (B) applied across the electrolyte solution, by measuring 
the output across a sense resistor. As observed, there is a delay in the opening of the 
valve, although the signals to the nitinol wire and the fluidic channels were 
synchronized. This is because the nitinol muscle wire requires an onset time to undergo 
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phase transition, as well as a relaxation time to revert to its original length upon the 
withdrawal of the current. These onset and relaxation times can be clearly seen in the 
plots which dictate the rectification profiles significantly. The delay caused by the 
nitinol wire actuation results in the spike formation in the negative half-cycle. These 
spikes would lead to the valve being open for a while longer than required, which could 
potentially result in a less efficient valve. Aside from these spikes, it is observed that 
the valve converts the input signal into a rectified output. However, future efforts will 
focus on finding the accurate phase lag between the two actuation signals for more 






















Figure 25. Valve Rectification: (a) Half wave rectification is observed when an input square wave 







These findings suggest that the designed miniature mechanical valves actuated 
by the shape memory alloy can be used to rectify a charge-balanced, biphasic waveform 
into monophasic iDC. Further experimentation is required to determine the reliability 
and longevity of the system, as the lifetime of each prototype device is limited by the 
maximum Nitinol wire operational cycles. This layered design establishes a path toward 
miniaturizing this valve further towards an implantable solution. Additional constraints 
are placed on the device that are application-specific. Current applications involve the 
use of DC for improving the vestibular prostheses, treating asthma attacks and for 




CHAPTER 4: NEURAL INTERFACE FOR AN SDCS 
APPLICATION 
4.1 INTRODUCTION 
With over 20% of the population worldwide suffering from chronic pain, the 
development of various treatment modalities such as pharmacology, surgical 
interventions and psychological approaches to pain management have provided some 
respite to the suffering.[60][61] However, these methods have proven to be ineffective 
in a significant group of patients. An alternative technique, namely neuromodulation is 
often considered. Neuromodulation is defined as “the alteration or modulation of nerve 
activity by delivering electrical and pharmaceutical agents directly to a target area 
through a range of invasive and non-invasive means.” [62]   
Neuropathic pain that arises from the locality of peripheral nerves is treated by 
several mechanisms that can be executed transcutaneously by TENS (transcutaneous 
electrical nerve stimulation), percutaneously by PENS (percutaneous electrical nerve 
stimulation) or by surgically implanted electrodes as observed in peripheral nerve 
stimulation (PNS). [63] Transcutaneous electrical nerve stimulation is a non-invasive, 
analgesic technique that delivers electrical current generated by a portable pulse 
generator across intact skin to activate the underlying nerves via conducting 
electrodes.[64] Percutaneous electrical nerve stimulation is a minimally invasive 
methodology performed by delivering the stimulus to needle-like temporary electrodes, 
which penetrate into the subcutaneous tissues close to the pain generating nerves for 
the course of the stimulation and are then later retracted. However, these procedures are 
quite cumbersome, require higher stimulation parameters due to the electrode 
placement away from the nerve and are more effective for the temporary suppression 
of pain. This led to the development of an invasive technique, namely peripheral nerve 
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stimulation (PNS) that overcame the shortcomings of the previous procedures and 
could be used for chronic pain suppression. PNS is a unique neuromodulation modality 
that delivers electrical impulses directly to the peripheral nerve with the aim to activate 
the neurons with sufficient specificity to mimic the natural activity of the nerves. [1] 
Here, the electrodes are implanted across or along the nerve and induce tingling 
sensations known as paresthesias that overlap the sensation of pain. [65] 
4.1.1 Historical Implications 
The feasibility of using electrical stimulation to treat pain dates back many 
centuries when Ancient Greek and Egyptian practitioners first used the natural 
physiology of an animal, such as the electrical discharge from a torpedo fish as a method 
for pain relief. [66] This proved to be a defining moment in history as it set the course 
for achieving electrical nerve stimulation for therapeutic purposes. [63], [67] Over time, 
the efforts towards the creation, storage and delivery of electrical energy by Alessandro 
Volta (battery), Pieter van Musschenbroek (Leyden jar), Michael Faraday, Benjamin 
Franklin and others resulted in the invention of several nerve stimulating devices. The 
discovery by Faraday in 1833 that an electric current can produce a magnetic field and 
vice versa led to the development of the inductorium, which served as the basis for 
neurostimulation for a while. The direct current inductorium device was first used to 
demonstrate ‘Faradization’ on a human subject. By 1863, a true precursor to the modern 
TENS device was constructed by Gaiffe. However, its efficacy was limited by its low 
electrical output of 3mA in contrast with the 90mA provided by the modern TENS unit. 
These early centuries of neurostimulation were centered on the phenomenon, namely 
‘media medicine.’ The initial example of this concept would be of the ‘Faradaic 
Electrifier’, which was publicized to cure a handful of diseases, ranging from 
rheumatism to diseases of the liver, stomach, kidneys and even nervous disabilities. 
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Another such consumer-based device for pain was manufactured in 1919, known as the 
Electreat, turned out to be the very first high-output, battery-operated TENS unit. 
[68][69] However, the scientific and clinical credibility of electrical stimulation was 
achieved through the experimental studies conducted by Shealy et al for the long-term 
stimulation of the dorsal column more than 50 years ago.[70][71]  
This 50-year old history of peripheral nerve stimulation (PNS) can be divided 
into several periods. The early years of using PNS for chronic pain began with the 
‘Gate-Control’ theory of pain by Dr. Melzack and Dr. Wall in 1967 that described the 
inhibitory and excitatory relationships in pain pathways.[66] They postulated that 
innocuous sensory stimuli that activate the large diameter, non-nociceptive (non-
painful) nerves can relieve pain. [72] They suggested the presence of a ‘pain gate’, 
which is closed when the pain is absent. When pain is present, the ‘gate’ is open due to 
the stimulation of the high-threshold peripheral afferents that conducts information 
about the pain. The closure of this ‘pain gate’ is due to the activation of low-threshold 
nerve fibres, which transmits information about the non-painful stimuli. By inserting 
needle electrodes through their skin to stimulate the large peripheral nerve fibres, Wall 
and Sweet showed that electricity could artificially close the pain gate and thus reduce 
pain.[73] This led to a period of semi-experimental use of PNS that lasted for around 
20 years. A number of patients were implanted with neurostimulators for treatment of 
neuropathic pain syndromes even though PNS surgeries were quite uncommon, due to 
the lack of commercially available equipment. The outcomes of these procedures were 
not favorable. A few patients experienced prolonged remission after several weeks of 
stimulation and others reported device malfunctions. Another major milestone in this 
period was the development of implantable dorsal column stimulators that would later 
be known as spinal cord stimulators (SCS).  [62], [63], [69]  
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In the mid-1980s, a surgical procedure for PNS was established. Although SCS 
was relatively more accepted than PNS, it still remained a preferred option when a 
single and easily accessible nerve was responsible for the cause of pain. In 1991, a 
radio-frequency (RF) SCS system was developed for the treatment of chronic 
neuropathic pain. The transcutaneous or RF systems were designed such that the power 
module, control unit and impulse generator were located externally. As the receiver is 
implanted subcutaneously and connected to the electrode through cables, the impulses 
are conveyed through the skin via a RF transmitter that overlays the receiver.[74][61] 
Although these RF systems delivered high-power stimulation and allowed for quick 
recharging through batteries, it required carrying an external stimulator and the 
reattachment of the transmitting antennae to the skin. [75] The introduction of the 
implantable pulse generators (IPG) solved the above mentioned problems and provided 
an appealing substitute for long-term stimulation. [69] [76] Ironically, these RF-
coupled systems are the sole FDA approved devices that can be used for PNS to treat 
chronic pain. [75]  
 Three features play a huge part in fulfilling the purpose of PNS; precision of 
stimulation, stimulation patterns and the reliability and safety of the interface to deliver 
the current. For PNS to achieve its desired function, the interface has to stimulate a 
particular population of fibres in the peripheral nerve. This depends on the physical 
interaction and localization of the interface with the nerve and the anatomical 
organization within the nerve. The interface should not adversely affect the nerve or the 
surrounding tissue. Stimulation patterns are governed by the timing and frequency of 
the action potentials that are generated by this method and various other factors.[76] 
Thus, the neural interface plays a vital role in determining the efficacy and efficiency 
of the device.  
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Evolution of Neural Interfaces  
Alongside the device evolution, advances in the technology of electrodes were 
made too. The initial electrodes used were typically wires that were inserted into the 
nerve or placed next to it. [74] Wall and Sweet implanted needle electrodes in their 
infraorbital nerves to test their gate control theory. These were later substituted by cuff-
type and button-type electrodes. [73] The former is wrapped around the nerve and the 
latter is sutured such that it is in direct contact with the axons of the nerve. During the 
late 1960s, RF generator- based devices were commonly used with the nerve cuff 
electrodes. Although cuff-type and button-type electrodes were found to be suitable for 
long-term stimulation, a multitude of issues surrounding them made PNS less appealing 
in the early 1980s. These issues included the complexity of surgical procedures needed 
to expose the targeted nerve, nerve injury from electrode insertion, fibrosis, scarring, 
difficulties in maintaining the adequate positioning of contacts and the lack of dedicated 
equipment. [74]  
The progression of spinal cord stimulator technology resulted in the adaption of 
the SCS electrodes for the PNS procedure, by mid 1980s. These electrodes were flat 
plate, multi-contact, ‘paddle-type’ leads that were placed adjacent to the nerve or in 
direct contact with the nerve trunk.[65] Prevention of the scar tissue formation between 
the nerve and electrode is facilitated by attaching a mesh to the paddle base, which 
allowed the nerve to be encased with the electrode rather than struggling with suturing 
issues.[63] The multi-contact feature of this innovation led to a versatility in stimulation 
patterns. A massive benefit of this paddle structure is its unidirectional nature of 
stimulation, as the contacts on the paddle are shielded by the insulative paddle backing, 
thereby inhibiting the possibility of stimulating the adjacent sensitive tissue. Moreover, 
the geometry of the paddle allows for a lower electrode migration rate.[65], [76] 
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However, the drawbacks, mainly the invasive implantation procedure, that eventually 
led to fibrosis in the long-term and the higher incidence of electrode fracture, 
outweighed its advantages. [75], [76]  
This led to the percutaneous era, which began with the pioneering work of 
Weiner and Reed in the early 2000’s, towards the development of a percutaneous 
electrode insertion technique. In this method, the electrode is placed in the proximity 
of the region of pain. The electrode is inserted epidurally with the help of a curved 
Tuohy needle and is positioned over the peripheral nerve. This ingenious technique was 
not only simple and minimally invasive, but also just as effective as the previously 
mentioned designs.  [63] 
Despite its vast history where some early technical complications were 
addressed, further snags are expected to arise with the development of any new PNS 
device or electrode.    
4.1.2 Nerve Anatomy 
The peripheral nervous system is a portion of the nervous system that is made 
up of cable-like structures called nerves and nerve cell clusters, also known as ganglia, 
that lie outside the brain and spinal cord. As peripheral nerves are associated with 
movement of limbs, they have a highly complex structure. The peripheral nerve trunk 
is well vascularized and has blood supply systems both exogenously and endogenously. 
Small arteries and veins from neighboring tissue space and muscular blood vessels 
make the exogenous vascular system and supplies nourishment to the tissues. The trunk 
comprises of three distinct types of connective tissues that house the exogenous blood 
supply as seen in Figure 26. Each axon is individually wrapped in a layer of 
glycoprotein, polysaccharide and collagen fiber known as endoneurium. The axons are 
79 
 
further surrounded by Schwann cells that create its myelination. The endoneurium also 
houses blood capillaries to provide the nerve with its own supply of nutrients and 
oxygen.[77] The individual nerve fibres are surrounded by the endoneurial fluid that 
acts as a blood-nerve barrier/interface and is a marker for nerve irritation or injury. It is 
delimited by the endoneurial vascular endothelium and the enclosing perineurium. This 
barrier regulates the exchange of blood-borne material such as proteins and molecules 
between the extracellular space and the endoneurial microenvironment.[78] [79] 
Homeostasis in the nerve fiber is also sustained by the endoneurium. By maintaining a 
small positive gradient in the endoneurial space, the exchange of material across the 
blood-nerve interface can occur.  
The endoneurium is circumscribed by the perineurium, which encapsulates the 
bundle of axons collectively into a fascicle.[80] The perineurium is a connective tissue 






sheath composed of collagen and elastin fibers. Due to the compression-resistant 
characteristics of these underlying fibers, the perineurium protects its contents, the 
endoneurial tubes, from tensile forces. Aside from its shielding function, it serves as a 
diffusion barrier, guarding against foreign neurotoxic compounds.[81] When the nerve 
is subjected to extreme forces, the perineurium is the last to disintegrate.  
Lastly, the nerve is surrounded by an outer dense sheath of connective tissue 
made up of irregularly arranged collagen fibres, elastin and scattered fibroblasts, called 
epineurium. It has both internal and external components. The internal component 
allows for the distinct fascicular arrangement in the nerve, while the external 
epineurium surrounds the nerve trunk. The internal layer also facilitates gliding 
between the fascicles when the nerves stretch. Both these components help in the 
protection of the nerve from tensile and compressive forces. Due to the lack of 
epineurial and perineurial layers in the spinal nerves, they are more susceptible to 
chronic and acute trauma.  
Peripheral Nerve Injury 
Although nerves have considerable tensile strength, straining them beyond a 
physiologically-set limit would result in the breakdown of the integrity of the nerve 
fiber. Deviations in their conduction properties and intraneural blood flow would occur 
that could ultimately lead to a loss of function.[81] A common cause of peripheral nerve 
injury is nerve compression. The pathological, electrophysiological and functional 
changes due to peripheral nerve compression have been extensively studied through 
animal experiments, ideally with a rat sciatic model owed to its multi-
functionality.[82][78] Moreover, the rat peripheral nerves are comparable to that of a 
human morphologically, excluding its size and connective tissue density.[83] These 
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clinical experiments have shown that even a moderate increase in the pressure applied 
on the nerve significantly affects the peripheral nerve due to its highly vascularized 
structure. Compressed nerves initially show mechanical injury and nerve ischemia at 
the site of neural injury. Further compression results in nerve hypoxia, edema and 
increased vascular permeability gradually. Severe and persistent compression disturbs 
the neural microcirculation and cause nerve death. [78] It was seen that the chances of 
symptoms of nerve trauma to occur were greater extrafascicularly rather than 
intrafascicularly. This is because the epineurial vessels are relatively vulnerable to 
mechanical injury and reacts with permeability changes. However, due to the blood-
nerve barrier and perineurium, the endoneurial vessels are resistant to change. As a 
result of neurovascular mechanical injury, there is an increase in vascular permeability 
that destabilizes the endoneurial microenvironment.  
4.1.3  Neural Electrodes  
The neural electrode is a limiting component required for achieving an efficacious 
link between the SDCS device and the nerve. Though neural interfaces allow for 
bidirectional communication through stimulation and recording, this thesis chapter is 
mainly focused on stimulating electrodes. The success of the SDCS prostheses is 
governed by its ability to elicit the necessary sensory and motor functions within the 
physiological limits. The positioning of a peripheral nerve interface is based on the 
proximity required for neuron activation, the degree of invasiveness acceptable, and the 
risk/benefit ratio. The two vital characteristics to be considered for a stimulating 
peripheral nerve interface are the following.  
(i) Selectivity: This term describes the population size of the units (nerve 
fibers/fascicles/axons) that the electrode can stimulate, without stimulating 
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the neighboring units. An ideal electrode requires a high selectivity. 
Multiple stimulating electrodes that are placed in the nerve fascicle can be 
distinctly stimulated if a separation of about 250µm between them is 
maintained, ‘due to the stochastic nature of the distribution of axon 
diameters and nodes of Ranvier.’[1] 
(ii) Invasiveness: This refers to the implantation procedure of the electrode and 
the amount of penetration that is required. The degree of invasiveness can 
be measured by the amount of surgery required to access the site of 
implantation, the amount of manipulation of the nerve and surrounding 
tissues needed for implantation and the amount of healing time. [1] 
Efficient stimulating electrodes can be better designed through a thorough 
understanding of the existing interfaces and their pros and cons.  Based on the degree 
 
Figure 27. Types of Neural Interfaces: A plot depicting the how higher selectivity is obtained at the 




of invasiveness, these interfaces can be generally categorized into three: 
intraneural/intrafascicular, extraneural and regenerative electrodes as seen in Figure 27.   
A. Intraneural Electrodes  
These electrodes penetrate the epineurium sheath and are implanted within the 
nerve. One common type of electrode penetrates the perineurium also, such that it is in 
direct contact with the nerve fascicle bundles that has to be activated. These electrodes 
are known as intrafascicular electrodes. While the process of implantation is 
exceedingly risk-prone and laborious, some of the major advantages of this design 
includes its enhanced stimulation selectivity of fascicular bundles and the stipulation of 
only a small stimulus to generate the desired response. Cross-talk between the adjacent 
fascicles is avoided due to its fascicular specificity for stimulation and complete 
recruitment of the nerve fascicle can occur at low intensities. Two of the established 
intrafascicular electrode designs are the following: 
(i) Longitudinal Intrafascicular Electrode (LIFE) 
LIFEs are ribbon-like interfaces that are implanted longitudinally through the 
nerve fascicles such that they are weaved parallel to the nerve fibers. They offered 
seemingly good selectivity for stimulation of separate axonal fascicles within the nerve 
and its geometry renders it suitable for long-term implantation. [84] 
(ii) Transverse Multichannel Intrafascicular Electrode (TIME) 
TIMEs are implanted transversally in the nerve so as to interface the axons 
within the fascicles. Their multichannel feature allows a single TIME to stimulate 
multiple fascicles. If the electrode contacts are aptly spaced out along the interface, 
different population of nerve fibers can be activated. They are relatively more invasive 
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than LIFE, which electrodes to a higher risk of nerve damage, but a fewer number of 
implanted electrodes are required when compared to LIFEs. [84] 
B. Extraneural Electrodes 
These interfaces are implanted externally on the nerve trunk. As seen in Figure 
27, their non-invasive characteristic is directly related to its stimulation selectivity, 
resulting in a reduced selectivity. A few examples of this class are mentioned below. 
(i) Epineural Electrodes 
The epineural electrodes are a form of extraneural interfaces that are placed on 
the nerve and are anchored by suturing to the epineurium. Although this would not 
damage the nerve and allows for selective activation of nerve fascicles, improper 
surgery techniques can consequently result in the electrode being ripped away from the 
nerve.  
(ii) Cuff Electrode 
These are designed such that they completely encircle the nerve and they have 
activation sites on the inner surface, which is in contact with the nerve. Their 
advantages include its non-invasiveness, simplicity in handling and lesser current 
spread. Moreover, the electrodes can be precisely positioned over the nerve and this 
minimizes the mechanical distortion and probability of electrode failure. However, due 
to its extraneural characteristic, the selectivity is limited to large myelinated fibers or 
superficial fibers of the nerve. Its non-specificity leads to the need of implanting several 
cuff electrodes for achieving the required selectivity, ensuing intricate implantation 
risks. Micromotions of the cuff electrode can further damage the delicate nerve. 
Different configurations of cuff electrodes exist: cylindrical, spiral and helix. Two key 
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attributes a cuff electrode should encompass in order to accommodate for stretching 
and compression of the nerve are flexibility and ability to self-size.   
(iii) Flat Interface Neural Electrode (FINE) 
To address the challenge of selectivity while maintaining minimum 
invasiveness, a variant of the cuff electrode was designed. It targeted the elliptical shape 
of the nerve. The FINE was constructed such that it gradually applied a relatively high 
force on the nerve in order to transform the nerve from an elliptical shape to a flatter 
oval shape, which allowed greater access to the fascicles within. Despite a 
comparatively higher selectivity, without proper moderation of the applied force, nerve 
damage can be easily induced. [85] 
(iv) Interfascicular Electrodes 
This extraneural electrode aims to integrate the promising features of both 
extraneural and intraneural electrodes, mainly the design simplicity and stimulation 
specificity respectively. These electrodes penetrate the epineurium, without 
compromising the integrity of the perineurium. Hence, the electrode contacts are placed 
within the nerve trunk, but external to the nerve fascicle. It is also known as the Slowly 
Penetrating Interfascicular Nerve Electrode (SPINE), which consists of radially-
extended blunt components that penetrates the epineurium. Its placement within the 
nerve permits for additional recruitment of nerve fibers. [85] 
C. Regenerative Electrodes 
This is a peripheral nerve interface design that latches on the advantages of the 
other two groups of electrodes. It indicates to a more biocompatible alternative, which 
maintains an efficient and effective neuron-electrode contact.[86]  These electrodes are 
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placed on the proximal stump of a severed nerve allow for the regeneration of the nerves 
through suitable guidance channels. They are generally multi-perforated sieve 
electrodes that consist of an array of holes with electrodes contacts through which the 
axons from the stump grow.[87] 
Despite the development of several approaches for stimulating the peripheral 
nerve fibers, a trade-off between the invasiveness of the electrode and the selectivity of 
stimulation exists as seen in Figure 27. To improve the feasibility of using these 
electrodes for SDCS, an optimization between a highly invasive electrode that provides 
adequate selectivity and another which is minimally invasive with reduced selectivity 
has to be reached.[85]  
4.1.4 Aims for SDCS 
By weighing the relative advantages and disadvantages of the various electrodes 
types and configurations, a bipolar cuff electrode was chosen for this application of 
pain suppression using the SDCS device. The impedance requirements for the cuff 
electrode was imposed by the SDCS system design from the necessity to maintain a 
maximum safe compliance voltage of 30V within the device, but still be able to deliver 
up to 200uA of output current. Due to this constraint, an impedance value of 100kΩ 
was assumed for the electrode to ensure efficient device operation. 
4.2 DESIGN CONSIDERATIONS  
An ideal electrode is hard to define, as there are a variety of parameters to be 
considered that vary based on the site of implantation or the application. Power 
consumption is another important aspect that governs the design of the electrode. The 
power required for the electrode to stimulate the peripheral nerve must be minimized. 
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This is because a reduction in the power consumption would decrease the size of the 
implantable device and prolong the battery life. Thus, the design and shape of the 
electrode are dependent on the following factors.  
(a)  Pressure Requirements  
The implantation of the cuff electrode is a very tedious process. Care must be 
taken to ensure the prevention of nerve injury. Mechanical nerve injury is typically 
caused by a combination of factors like compression, tension, friction, traction, shear, 
and laceration. Although nerves are elastic in nature and have a substantial ability to 
resist such forces, over-expression of any, especially tension and compression can lead 
to serious consequences. When these forces are applied within a set boundary, the 
nerves respond with characteristics of an elastic material. As soon as the linear limit is 
reached, the nerve tissue undergoes histological changes. Initially, the endoneurial 
tubes rupture. Further loads damage the epineurium and perineurium layers, increase 
the endoneurial fluid pressure and compromise the vascular supply of the nerve. This 
leads to a total loss of the elastic properties for the nerve.  
The extent of nerve injury is dependent on the force of compression and time of 
compression. Through several nerve compression studies in rat models,[81] it was 
observed that compression-induced trauma can lead to the demyelination and 
degeneration of the axons, before ultimately leading to neural death. This demyelination 
was observed at pressures as low as 10 mmHG (0.13 g/mm2). The intraneural blood 
flow was also significantly affected. When acute pressures of 20 - 30 mmHg (0.27 - 0.4 
g/mm2) were applied, decreased venular blood flow and intraneural edema with 
epineurial scarring was detected. Further application of pressures of 40- 50 mmHg (0.54 
- 0.68 g/mm2) impaired the arteriolar and interfascicular capillary flow. The capillary 
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flow ceased at higher pressures of 60 - 80 mmHg (0.82 – 1.08 g/mm2). This caused a 
fourfold increase in edema and ischemia. The threshold for acute nerve damage was 
observed to be around 20 mmHg (0.27g/mm2). [88] Hence, a vital parameter to be 
strictly followed by any neural electrode design, in this case the nerve cuff electrode is 
that it should apply pressures well within this pressure range after implantation, in order 
to ensure safety. 
(b)  Mechanical Compliance 
A critical facet impeding the use of conventional metal electrodes for 
implantation is the physical and mechanical mismatch between the neural tissues and 
the man-made electrode. Neural tissues are in general much softer than the electrode 
material. [89] A measure of the stiffness of a material is provided by the Young’s 
modulus (also known as modulus of elasticity). The Young’s modulus describes the 
elastic properties of the material by defining the extent to which a material can 
withstand compression and tensile forces. A low modulus of elasticity is associated 
with a flexible material that changes its shape considerably under the application of 
stress. Neural tissue is an example of this. It has a Young’s modulus of around 2.5kPa, 
while metals have a value that is several orders magnitudes higher. The incongruity in 
stiffness can cause changes in the mechanical properties of the surrounding tissues. This 
mechanical contrast can result in micromotion of the supposedly static electrode, which 
leads to inflammation at the implant site. Moreover, the response of the tissue to the 
recurrent motion is influenced by certain other factors such as the probing technique, 
geometry of the electrode, and the insertion speed of the probe. Rigid electrodes have 




(c)  Materials  
Construction of the cuff neural interface is feasible using conductive and 
insulative materials. To limit the current distribution profile to that of the targeted 
region, it is necessary to isolate the electrode from the extracellular conductive medium. 
This is accomplished by constructing the electrode with an insulative material such as 
polymers. While the polymer forms the electrode substrate for the cuff electrode to 
provide isolation from the surrounding tissue, the electrode contacts that stimulate the 
nerve must be conductive. This constitutes an application-specific problem. With the 
SDCS technology in mind, a material that has a high ionic conductivity is desired for 
the electrode contacts. The ionic property is an essential feature of this electrode, as it 
will be used to interface the microfluidic layer, which outputs an ionic DC, with the 
neural tissue.  
The emphasis on the creation of a stable and conductive interface led to 
experimentation with a biopolymer gel, agar. Agar is a polysaccharide obtained from 
seaweed. Due to its high elasticity (E = 116kPa), low cost, environmentally-safe, porous 
nature, and biocompatibility, agar can be a potential substitute to the metal contacts. 
The agar-based hydrogel, ‘a semiflexible water filled gel with a 3D porous structure’, 
is formed through a hydrogen-bonded, cross-linking, self-assembly mechanism. The 
resulting structure is a soft and moldable medium with a high ion mobility.[90] The 
ionic properties of this gel can be enhanced by the introduction of sodium and chloride 
ion pair [91]. The ions are incorporated into the hydrogen-bonded cross-linking gel and 
further stabilization occurs due to the intermolecular hydrogen bonding, thus forming 
optimized ion transport channels. The functional enhancement is a consequence of 3 
factors. Firstly, the mechanical properties of the gel are ascribed to the agar skeleton. 
The hydrogen-bonding augments the mechanical stability through the 3D network 
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formation. Secondly, this water-filled submicrometer pore network creates an ionic 
pathway, thereby increasing the ionic conductance. Thirdly, by adding NaCl to this gel, 
the ionic conductivity can be enhanced.[91] 
(d)  Compatibility 
Biocompatibility can be defined as ‘the ability of a material to perform with an 
appropriate host response in a specific situation.’ [92]Biocompatibility of the neural 
interface is the integrative result of both the structural and the surface biocompatibility. 
It is quantified in terms of chemical stability and toxicity. The structural 
biocompatibility deals with the mechanical properties of the interface material such that 
it mimics the biological structure of the peripheral nerve. The surface biocompatibility 
is associated with the interaction of the physical, chemical and biological properties of 
the material with the target nerves. Hence, a material is deemed as biocompatible only 
if the neural environments responds with a mild to no foreign body reaction and little 
to no encapsulation of the interface by connective tissue occurs. Beyond its chemical 
and mechanical biocompatibility, the electrode should be geometrically compatible, 
such that its shape and size match the dimensions of the implant site. 
(e)  Electrode Size 
All these above requirements are dependent on the size of the electrode. Some 
effects of a smaller electrode is the following; improved selectivity, reduced bending 
rigidity, decreased pressure applied on the nerve, and an increased impedance. 
(f) Closure Mechanisms 
Regardless of the surgical techniques involved in the electrode implantation, the 
high mobility of the soft neural tissue calls for proper anchoring of the electrode over 
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the nerve. This is especially required in cuff electrodes for circumventing the issue of 
electrode migration and shifts. [93] Some of the available closure mechanisms for the 
cuff electrode, as seen in Figure 28, involves suturing of the open ends of the cuff shut, 
creating hinges, following a buckle and belt clasp mechanism, or even constructing a 
self-adjusting spiral cuff. [94]  
(g)  Bending Rigidity  
While soft implants diminish the impact of the effects of mechanical mismatch 
on the nerve, it faces another hurdle, namely buckling. This is a form of instability 
caused due to the electrode geometry. As these flexible electrodes lack the mechanical 
stiffness needed for the initial insertion, they easily buckle or bend at the surface of the 
tissue. Through Euler’s buckling formula, the critical load needed to cause a slender 
element to buckle is directly proportional to its Young’s modulus.[95] Since polymers 
have a lower modulus of elasticity, a smaller compression load tends to cause buckling. 
Hence, prevention tactics in the form of supporting structures, stiffening of the 
electrode, or mechanically adaptable materials should be considered. Insertion aids that 
 
Figure 28. Closure Mechanisms of Cuff Electrodes: The figure illustrates different methods of 
securing the cuff electrode on the nerve. Since the inner diameter of the cuff is greater than the 
nerve’s diameter, the cuff will not slip. The split cylinder cuff is held together with the help of sutures. 
Piano hinges and the buckle and belt cuff would fit like puzzle pieces. The spiral cuff adjusts its 




function analogous to that of a Tuohy needle, wherein the catheter is introduced into 
the desired location through the needle and left there even after the needle is removed. 
A similar backing can be provided for the polymer-based electrode. The electrode 
stiffness can be increasing the cross-sectional area to greater than 1mm2 or by coating 
the electrode surface with a thick layer (>100um) of biodegradable polymer or sugar. 
After implantation, the coating would dissolve, and the electrode would return to its 
original thickness. An upcoming alternative to the above-mentioned techniques is a 
biomimetic approach inspired by the sea cucumber. These bioengineered adaptive 
polymers can shift from a stiff form (E ~ GPa) to a soft matrix (E ~ MPa) within minutes 
in vivo. Other such adaptive materials are shape-memory polymers and smart 
nanocomposites. [96]  
(h)  Tissue Response 
Surgical actions required for the implantation of the biocompatible electrode 
damage the targeted neural tissues. This results in a foreign body response/reaction 
(FBR) that over time contributes to the reduced functionality and ultimately could lead 
to electrode failure due to persistent inflammation, and demyelination.[97] The 
intensity and duration of the inflammation and healing process is governed by the 
physical and surface properties of the electrode. The tissue responds to this intrusion by 
gradually forming a glial scar around the electrode, causing an encapsulation by 
connective tissue, and leading to the isolation of the electrode from the nerve.  
(i)  Stimulation Modes 
Intrinsic consequences of the implant design are current spread and channel 
interaction. Current spread denotes the unintended recruitment of the neural population 
beyond the targeted region. The channel interaction refers to the activation of the 
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overlapping neural populations that are targeted by the neighboring electrodes. These 
factors overtly affect the electrode performance. Besides the electrode geometry, the 
distribution profile of stimulation along the nerve is dramatically altered by the 
electrode configuration. Three types of configuration exist: monopolar, bipolar and 
tripolar electrodes. Monopolar electrodes deliver either anodal or cathodal current. 
These single-pole electrodes are reliable, have a high fatigue resistance and face no 
complex risks during implantation. Monopolar stimulation is carried out through the 
current flow from the active electrode to the return electrode as seen in Figure 29. Here, 
the reference electrode is placed further away from the active electrode and is grounded 
so that the current spreads over a wider area, that could lead to recruitment of nerve 
fibers that are outside the target region. [98] The surface area of the reference electrode 
Figure 29. Stimulation Modes for Cuff Electrodes: A schematic diagram illustrating the different 
neural stimulation modes. The grey bars represent the active/working electrodes and the hatched 
bars signify the return electrodes. The solid line represents the electric circuit involving the 





is generally much larger than that of the electrode contact. This allows for a higher 
current density at the contact. 
Current steering and focusing techniques are employed by bipolar and tripolar 
electrodes to limit the area of the stimulated field and allow for higher spatial selectivity 
of fascicles. Bipolar electrodes have two adjacent contacts, one which acts as a cathode 
and another as an anode, between which the current flows. The positioning of these 
contacts allows for a tightly focused stimulation. [98] Comte et al developed a simple 
mathematical model which calculated the spread of stimulation. He described the 
relationship between current spread and distance from the electrode contact. For a 
monopolar electrode, the current spread is an inverse squared function of distance, 
while for a bipolar electrode, it is a cubic function. Hence, the stimulation spread drops 
more for bipolar configuration than monopolar configuration, causing a localization of 
current.[99], [100] In tripolar stimulation, three contacts are stimulated, a central 
cathode that is flanked by a pair of anodes. The current amplitudes are such that the 
current through the flanking contacts is half of that flowing through the cathode. This 
results in similar potential at each end and thereby the current is contained within the 
electrode configuration. When the current amplitudes at the anodes are unequal, it can 
lead to arresting the action potential propagation. This stimulation strategy consumes 
at least twice as much as power as monopolar stimulation.[101] The stimulus spread 
also depends on the electrode material and the type of stimulating pulse employed.[99] 
(j)     Implant Procedure and Removability  
An optimal design would minimize the invasiveness of the implant procedure 
and take into consideration the possibility of removing the electrode. This should be 
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carried out without damaging the neural tissue. Furthermore, it should accommodate a 
replacement interface. Inert polymer materials allow for this. 
4.2.1 Cuff-Clamp Lead Design 
Among the various electrodes types mentioned above, the cuff model was found 
to be well-matched with several of the essential requirements. However, designing of 
the same was limited by the chosen material, namely PDMS. Due to the mechanical 
property of PDMS and the manufacturing procedure undertaken, issues were faced with 
the closure of the cuff. This is because PDMS is flexible only along a dimension. Hence, 
the potential electrode design was unable to maintain its ‘cuff’ shape. Several closure 
mechanisms as mentioned earlier; suturing, buckle and belt, and buttoning were tried, 
but they failed to hold its structure and tearing of the PDMS membrane occurred 
frequently.  Arising from the observation of these experimentations, a clamp was opted 
as a means of securing the electrode. Thus, this thesis presents a cuff-clamp lead system, 
which is ionically conductive and conforms to the nerve shape. 
(i) Cuff Electrode Design: 
Figure 30(a) represents the CAD model for the current electrode design. It has 
two parts connected by a thin flexible membrane, which allows the two parts to be 
placed on top of one another to obtain the cuff shape. Part A has two supporting 
structures, namely stoppers that holds the cuff in position. Part B consists of two ionic 
channels with extended leads needed for contact with the microfluidic device. Four 
design parameters were altered for the obtaining a suitable cuff electrode; length along 
the nerve (l1), width (w1), thickness (t1), and height of the stoppers (h1), as observed in 
Figure 30(c). These parameters were based on the dimensions of the rat sciatic nerve, 
which was used for experimentation purposes. The diameter of the sciatic nerve is 1.25 
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± 0.25 mm with a cross-sectional area of 1.54mm2. [102] According to the AAMI 
American National Standard for Implantable Peripheral Nerve Stimulators, the internal 
cuff diameter to nerve diameter ratio should be 1.5 in order to ensure safe implantation. 
[103] The length of the cuff (l1) is limited by the implantation site, desired number of 
contacts, and contact size. Ideally a length of around 5 - 20 mm would be suitable. The 
width, w1 is chosen such that a distance of 0.5 mm was maintained between the edges 
of the cuff and that of the nerve. Height of the stoppers and the electrode thickness were 
selected to ensure the total height of the cuff was at least 0.5 mm greater than the cross-
sectional area of the nerve. As this was an initial basic design, research was mainly 
focused on only certain aspects such as the optimization of the size of the electrode, 
while other vital features like the electrode contacts would be investigated in future 
trials. Due to the implant site constraints, a length l1 of 6.5mm was considered with a 2 
mm spacing between the potential electrode contacts. The other parameters were 
 
Figure 30. Cuff Electrode Design and Fabrication: (a) The 3D CAD model for the cuff electrode 
is shown here. (b) The image shows the result of the replica molding process with PDMS. The 
electrode has two fluidic channels that are visualized using a blue food dye. (c) The diagram depicts 




gauged as follows: w1 = 5mm, t1 =0.72mm and h1 = 1.25mm. Therefore, a total 
thickness of approximately 2.7mm was obtained when the electrode was bent to form 
the cuff shape. The length of the leads was arbitrarily chosen as it would depend on the 
location of the desired SDCS implant with respect to the nerve.  
(ii) C-Clamp Design: 
Since the closure mechanism established for the electrode involves the use of a 
c-clamp, certain aspects pertaining to the length of the clamp (l2), width (w2), height 
(h2), and thickness (t2) are assumed to change the relative forces applied on the nerve. 
By adjusting these parameters of the c-clamp as seen in Figure 31(a), the forces exerted 
on the nerve could be controlled, while guaranteeing no movement artifacts of the cuff 
 
Figure 31. C-clamp Design and Fabrication: (a) The diagram shows a 3D CAD model of the 
clamp used to prevent electrode movement on the nerve. Described within are the parameters that 
are considered for the design of the clamp. (b) The photograph displays the 3D printed model of the 




occurred. Hence, alterations to the clamp are responsible for determining if this cuff-
clamp system abides to the nerve pressure threshold.  
4.3 METHODS 
Materials: 
A photocurable polymer resin, B9R2, was purchased from B9 Creations (South 
Dakota, USA). Sodium chloride (NaCl) was purchased from Sigma-Aldrich. 
Chlorotrimethylsilane was purchased from Sigma-Aldrich and used for surface 
treatment. A two part 184 Sylgard elastomer kit containing poly-dimethylsiloxane 
(PDMS) pre-polymer mix and a cross-linking agent was purchased from Ellsworth 
Adhesives (WI, USA) to be used for encapsulation. Agar powder was obtained from 
Sigma-Aldrich and used as an electrolyte for the electrodes. 
Electrode Fabrication 
            The cuff electrodes are made from PDMS using a soft lithography fabrication 
protocol, while the clamp is constructed through 3D printing. PDMS was chosen as its 
Young’s modulus is similar to that of the neural tissue and it allows for a higher 
conformability that other polymers.[104] The electrode layer and the c-clamp were 
manufactured separately and then later assembled during testing. First, CAD designs 
were created using the SolidWorks software, and molds for each layer and the clamp 
were 3D printed (B9Creations, South Dakota) using the photocurable resin. The 
manufactured layer corresponding to the electrode mold is seen in Figure 30(a). Layer 
1 contains the two channels, the top membrane, and the stoppers. Layer 2 is a 
nonpatterned PDMS base layer. The printed molds were then rinsed thoroughly in an 
ultrasound bath with DI water and a commercial surfactant (dish washing liquid) to 
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remove the uncured polymer traces. Strength of the molds were improved through post-
curing them under UV light for 12 h for further solidity. The manufactured clamp is 
seen in Figure 31(b). To peel off the casted PDMS layers easily, the mold surfaces were 
treated with a corona discharge (BD-20AC, Electro-Technic products) followed by 
salinization with trimethylchlorosilane. A 10:1 wt.% mixture of PDMS pre-polymer 
and curing agent was degassed in a vacuum chamber to remove any air bubbles and 
poured over each mold. The assembly was baked in an oven at 90 °C for curing. The 
PDMS layers were carefully peeled off, and sequentially bonded together using a 
corona discharge to form the electrode as shown in Figure 30(b) and Figure 32(a). The 
assembled device was placed over a quarter dollar coin for comparison purposes in 
 
Figure 32. Final Constructed Elements of the Electrode: (a) This photo denotes the size of the cuff 
electrode, including its electrode wires. The two fluidic channels are filled with a blue food colouring 
dye. (b) Image of a 13mm wide clamp. (c) The electrode and clamp are placed over a US quarter for 
comparison purposes. (d) This represents the entire setup. The red piece is a wet tissue dipped in 
some red food colouring dye for substituting a real nerve for ex-vivo experimentation. The clamp is 




Figure 32(c) and 32(d). Further miniaturization is also possible, but its effect on the 
pressure of the system has to be validated.  
Preparation of Gel Electrolyte 
 While NaCl alone can be used as the electrolyte, the effect of agar doped with 
NaCl is intriguing. The NaCl-agar gel electrolyte was fabricated through simple 
solution-mixing and heating processes. The 0.1 M NaCl solution was prepared by 
vigorous stirring of powdered NaCl (1.16 g) in DI water (20 mL). Agar powder was 
dissolved in the prepared solution of NaCl (20mL) in different wt.% mixtures (0.2%, 
2% and 4%). The NaCl-agar solution was then heated in a microwave oven in two 
bursts of 10s each till the agar powder had completely dissolved. This warm liquid 
solution was injected into the two channels to provide an ion conducting pathway with 
a blue food color dye.  
4.4 Test and Measurement 
Two attributes essential for the characterization of the electrode design are 
warranting the apt positioning of the electrode, while maintaining the applied pressure 
within the defined limits. Another feature specifically pertaining to the SDCS 
application is the need for a high ionic conductive lead. Moreover, the SDCS device 
restricts the impedance of the electrode to within 100 kΩ. The cuff electrode and the 
clamp are held accountable for different features. The cuff electrode design can be 
characterized through two approaches; in-vivo experimentation for determination of the 
size of the electrode and analysis of the electrode impedance using a frequency 
analyzer. The clamp was evaluated through force measurements for pressure 
calculations. The experiments undergone for the cuff-clamp lead characterization are 
detailed below.  
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(a) In-Vivo Characterization   
For optimizing the electrode design in terms of the dimensions, the adult rat 
sciatic nerve was used as an experimental model. Since the testing was utilized for 
qualitative characterization of the electrodes, rat cadavers were obtained from 
Department of Otolaryngology, Johns Hopkins University. The right and left hind legs 
of the rat were shaved using electric clippers. This region is disinfected with isopropyl 
alcohol. Under sterile surgical procedures, the surrounding layers of tissue were 
dissected till the sciatic nerve was exposed from the sciatic notch to the knee. The cuff 
electrodes were then snugly implanted on the right and left cadaveric sciatic nerves, 
proximal to the sciatic nerve bifurcation. The implant procedure involved sliding the 
width of the cuff below the nerve till the nerve was placed perpendicular to the two 
ionic channels and contacts. The end was folded over the top of the nerve to get a cuff-
like figure such that the nerve was placed between the two stoppers. The height of the 
stoppers was varied and the impact of the same were assessed through qualitative 
evaluation. Finally, the clamp was placed over it to maintain the proper contact between 
the electrode and the nerve. Precautions during implantation were ensured to minimize 
the manipulation of the nerve. Through this procedure, the dimensions of the electrode 
were characterized based on visual feedback. 
(b) Impedance Testing 
The impedance of the electrode plays a dominant role in the power consumption 
of the implantable SDCS device. By reducing the electrode impedance, the power 
consumed is further decreased. Based on current literature, two premises were shaped. 
One examines the influence of the electrode size on the impedance. Since the electrode 
is basically a conductor between the microfluidic device and the nerve, it would abide 
102 
 
by Ohm’s law, which suggests that an inverse relationship exists between area and 
impedance. To evaluate this, two electrodes with channel areas 0.375 mm2 and 0.5 mm2 
were constructed. A tube with a larger cross-sectional area of 7.8 mm2 was also tested. 
Constraints on the length and width of the channel were placed due to the size of the 
electrode and the site of implantation in a rat. By increasing the depth or thickness of 
these channels, the risk of fabricating a relatively more rigid and non-conforming 
electrode looms, that could potentially damage the nerve. Hence, the areas taken into 
consideration were limited to 0.375 mm2 and 0.5 mm2.  The microfluidic channels of 
the electrode and the tube were filled with 0.1 M NaCl solutions that served as a 
medium for ion conduction. These channels were further visualized using a blue color 
food dye. To measure the impedance, the electrodes were hooked up to an impedance 
frequency response analyzer (C60, Cypher Instruments, UK) with standard bare metal 
wires, which outputted the impedance values at different frequencies ranging from 10 
Hz to 10 MHz.  
The second theory explores the relationship between the electrolyte 
composition and the impedance. Electrolyte constituents were varied by the addition of 
agar. To test whether agar improves the conductivity of the electrode, the same three 
samples were filled with different weight percentages of NaCl-doped agar (0.2%, 2% 
and 4%). Since impedance is a factor of ion mobility, it was hypothesized that an 
increase in the agar concentration would increase the conductivity. This is based on the 
understanding that with a higher agar concentration, for every unit volume of the gel, 
agar particles would occupy most of the space. [105] This results in a viscous 
electrolyte, which diminishes the flow of ions through the system. Hence, the 
conductivity should decrease, thereby increasing the impedance. The theory was tested 
by connecting these samples to the frequency analyzer and generating the impedance 
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vs frequency graphs for further analysis. Testing experiments were repeated three times 
with a newly fabricated electrode for each test to encompass the experimental 
uncertainty in their manufacturing.  
(c) Pressure Calculations 
In order to calculate the pressure applied on the nerve by the cuff-clamp system, 
the effects of the forces were examined quantitatively. As the clamp is constructed from 
a more rigid material, the weight of the PDMS-based cuff electrode was negligible 
when compared to the clamp. It can, thus be assumed that the forces exerted on the 
nerve was entirely because of the clamp. Hence, an indirect and quantifiable 
characterization of the clamp was carried out through a relatively simple setup.  
A schematic of the experimental setup is shown in Figure 33. The initial heights, 
hinitial, for the clamp was measured and recorded using a Vernier caliper. Now, the cuff 
electrode was wrapped around a reproduction of the nerve and placed within the clamp. 
 
Figure 33. Experimental Setup for Force Testing of the Clamp: An experimental setup used to 
quantify the force applied on the nerve. One end of the clamp is fixed, and the other end is connected 
to the micromanipulator through a wire. The displacement (∆x) is varied in equal increments, and 





Once again, the height of the clamp with the cuff and nerve, hfinal, was approximately 
calculated using the Vernier caliper. The difference between the opening heights, d, 
was evaluated and noted and this corresponded to the displacement of the clamp. For 
the consequent force measurements, a 50um suturing wire was looped around one of 
the open ends of the clamp and to a micromanipulator, while the other end was securely 
attached to a flat surface. By displacing the wire in a controlled manner, a force was 
generated that was followed by an increase in the opening height of the clamp. These 
resulting pull forces were measured using a digital force gauge. The force linked with 
the displacement, d, signified the extent of stress the clamp enforced on the nerve. When 
the electrode was placed within the clamp, it was assumed that most of the force applied 
on the nerve is concentrated along the width of the clamp. As the cross-sectional area 
of the curve portion was smaller than that along the width of the clamp, the curved 
portion was presumed to have an insignificant effect on the nerve and thus its effect 
was neglected. Hence, the pressure can be calculated through its standard formulation 
of force/area. In this case, the perpendicular force applied on the nerve was distributed 
evenly, mainly across the clamp’s width. Thus, the area under consideration would be 
twice the cross-sectional area of the rectangular surface of the clamp. 
The pressure exerted by the clamp on the nerve must be well within an allowable 
pressure range, set by the nerve. While several parameters of the clamp can be varied 
to bring about a change in the pressures, the opening height and the length of the clamp 
would have a greater influence in the deformation of the PDMS electrode placed within 
it, thereby the nerve. From Figure 30(a), the thickness of Part A and Part B are 0.65mm 
each. Since the electrode is placed between the supports of Part A and then folded over 
the channels of Part B, the total thickness of the electrode would be the sum of thickness 
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of Part A (0.72mm), Part B (0.72mm) and the supports (1.25mm), ie. 2.7mm. The clamp 
has to fit around this entire system to hold the nerve and electrode in place.  
(i) Effect of Clamp Opening Height 
Three clamps were manufactured with varying opening heights (oh); narrow, 
medium, and wide clamps. The dimensions were defined in Figure 31(a). The opening 
heights opted for testing were 2.55 mm (OH2.55), 2.7 mm (OH2.7) and 2.85 mm (OH2.85), 
while keeping the other dimensions constant throughout. A smaller opening height 
would damage the nerve. 
(ii) Effect of Clamp Length  
Similarly, the length of the clamp would have a considerable effect on the 
applied force. This can be investigated by designing three clamps with various lengths: 
short, medium and long clamps. The electrode is 6.5mm in length. Hence, three clamps 
of 2.85mm opening height with 5 mm (L5), 6.5 mm (L6.5) and 8 mm (L8) lengths were 
fabricated and tested. Ideally, it would be expected that the longer the length, the lesser 
amount of force would be required. Testing experiments were repeated three times with 
a newly fabricated electrode and clamp for each test to encompass the experimental 
uncertainty in their manufacturing.  
4.5 RESULTS 
(a) In-Vivo Characterization 
The implantation of the prior electrode designs visually damaged the nerve as 
there was plenty of nerve movement in the form of twisting and elongation of the nerve. 
Hence, an additional structure, the clamp, was necessary to prevent both electrode and 
nerve motion as seen in Figure 34. By positioning the nerve between the two stoppers, 
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the movement of the nerve was further restrained as these stoppers provided the 
supporting role for the nerve. The impact of the height of the stoppers on the nerve was 
observed. Since the rat sciatic nerve has a diameter of 1.25 ± 0.25 mm, heights of 1 
mm, 1.25 mm, 1.5 mm and 1.75 mm were sampled. With the 1 mm height stopper, the 
placement of the clamp caused a relatively strong reshaping force to be applied on the 
nerve, as there was a noticeable change in the nerve’s cross-section. Although the nerve 
seemed to be securely fastened with no movement artifacts, considerable nerve damage 
would be imminent. The 1.5 mm and 1.75 mm heights averted the enfolding force but 
resulted in twisting of the nerve. Since the nerve was not snuggly fitted between the 
stoppers, a torsional force acted on the nerve, causing it to deflect significantly. This 
torsion eventually led to shear stresses on the nerve that would harm the nerve. The 
space surrounding the sciatic nerve is composed of tissue and fluid, which limits the 
area needed to implant these electrode sizes. Moreover, nerve motion also stemmed 
from the lack of friction. The PDMS electrode provides considerable friction when in 
contact with the nerve, which would grip the nerve in position. The heights of these 
stoppers allowed ample room for the nerve to avoid contact with the PDMS electrode. 
This prevented the necessary friction and would also require larger electrode contacts 
for the iDC flow. The 1.25 mm stoppers provided sufficient friction to hold the nerve, 
and not cause any significant reshaping. It could be noticeably discerned from the 
previous heights as the nerve was secured between the stoppers, with only slight 
movements. These qualitative results conclude that the 1 mm, 1.5 mm and 1.75 mm 
heights of stoppers would result in irreversible damage to the nerve and could not be 














(b) Impedance Testing 
(i) Effect of Channel Size 
The impedance frequency response analyser characterized the impedance of the 
system for frequencies ranging from 10 Hz to 10 MHZ. However, as this electrode aims 
to delivers ionic direct current, the impedance values at low frequencies of around and 
below 10 Hz only need to be evaluated. Additionally, ongoing experiments into the 
safety and practicality of safe DC for the various applications utilize micropipette tips 
with a cross-sectional area of 200 µm and are filled with NaCl-agar gel. The impedance 
of these tips, which is approximately 100 kΩ, symbolizes the experimental electrode 
impedance. By experimenting with different channel cross-sectional areas, the impact 
of the same could be examined in the plot of Figure 35. As observed, an increase in the 
cross-sectional area of the channel brings about a decrease in the impedance. This 
 
Figure 34. Implantation of Cuff-Clamp Lead System: In-vivo characterization of the cuff electrode 
was carried out through the implantation of the same over the sciatic nerve of a rat. The extended 





is because a larger surface area allows for a larger concentration of the electrolyte, 
which permits more solute ions to pass through and thus reduces the impedance. It can 
be perceived that a 20x increase in the channel area, from 0.375 mm2 to 7.8 mm2, brings 
around a 10x decrease in the impedance. However, the difference in impedances for 
channel areas of 0.375 mm2 and 0.5 mm2 was quite small. As the distinction between 
these areas were quite marginal, the impedance change was minor too. To further 
strengthen the premise relating the area and impedance, the method was repeated for 
2% agar, 0.2% agar and 4% agar. The findings showed a similar trend for the plots with 
respect to using a purely saline electrolyte.  
(ii) Effect of Electrolyte Composition: 
The plot in Figure 35 also demonstrates how the composition of the electrolyte 
alters the impedance of the system. The 0% agar solution represents a 0.1 M saline 
solution that was filled into the electrode channels. The inclusion of agar into the 
  
Figure 35. Effect of Area and Electrolyte Composition on Impedance: The plot describes the 
influence of the electrolyte composition on the impedance of the electrode for various channel sizes 
at 10Hz. The experimental electrode impedance refers to the impedance of the currently used 
electrode in experimental studies. It refers to a threshold value below which the feasibility of the 





electrolyte does not significantly vary the impedance of the system as seen with the 
trifling change in values from 0% agar to 4% agar electrolytes. A similar inclination 
was detected for all the channel sizes taken into consideration. This disproves the earlier 
premise, which stated that an increase in agar concentration would increase the 
impedance significantly. A possible explanation for this trend could be the properties 
of agar. Agar is porous in nature and its porosity is directly related to the concentration. 
However, various other factors such as the temperature, pH influence the gelation 
process, which governs the viscosity of the gel.  [106] The experiments conducted were 
not regulated for those factors. Furthermore, the viscosity of the gels slowly increases 
with time. As the experiments were conducted without any regulation of the other 
governing factors and were done within the span of minutes, sufficient time was not 
provided for the gel to become more viscous, which would then increase the impedance. 
Hence, there was no statistical difference observed between a purely saline electrolyte 
and a gel-based electrolyte. Furthermore, with time, degradation of the gel can occur 
due to the loss of moisture, as the electrolyte is mainly deionized water. Thus, their use 
for chronic studies could be limited if a solution to the evaporation or a method of 
replenishing the electrolyte is not established. 
(c) Pressure Calculations 
(i) Effect of Clamp Opening Heights 
Through the strain analysis set-up, the forces that were exerted by the clamp 
were recorded. When an electrode was inserted in the clamp, these forces could be 
translated to the force experienced by the nerve. The plots shown in Figure 36 defines 
the trend of force and displacement when the opening height of the clamp was varied. 
It proves the hypothesis that the opening height dictates the applied force and hence the 
pressures. Figure 36 (top) describes this relationship. Force-displacement relationships 
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of these clamps conclude that as the opening heights were increased from the narrow 
clamp to the wide clamp, the forces required to produce a necessary displacement was 
decreased. The force required to bring about a particular displacement was the greatest 
for the narrow clamp of 2.55 mm height. Moreover, a considerable amount of force was 
required to properly position the electrode of thickness 2.7 mm within it. Since the 
experimental setup involves one end of the clamp to be fixed, the process of inserting 
the electrode within the clamp generates additional stress on the untethered, inner 
surface, causing a large displacement to occur as seen in Table 1. This acts as a 
 
Figure 36. Characterization of Clamp’s Opening Height: (top) Force-displacement characteristic 
plot. (bottom) Pressure plot for clamps with different opening heights. N=3 clamps were tested for 






downward force on the electrode. The visibly deformed the PDMS electrode would 
flatten the nerve beyond its standard oblong shape.  
 The medium clamp’s opening of 2.7 mm corresponded to the overall thickness 
of the electrode. However, there was only a slight difference in the forces experienced 
by the electrode in comparison to the narrow clamp. The hysteresis plot of the clamp 
as seen in Figure 37 could provide an explanation for this. The clamp was constructed 
with a rigid polymeric material, which causes the clamp to remain misshapen once the 
loading force was removed. Although the experiment was repeated with 3 different 
clamps, any small force could warp the clamp. Over time, the manually conducted 
experiment accumulates these shifts and could cause significant changes in the recorded 
forces. Furthermore, due to the semi-automatic manufacturing process, minute 
variations in the electrode thickness could arise that further deforms the electrode. In 
contrast to the narrow and medium clamps, the wide clamp was subjected to a 
significant decrease in the force. The little gap between the electrode and the clamp 
accounted for an appreciably lesser force being applied on the clamp, causing smaller 
 
Figure 37. Hysteresis Plot: The plot shows the hysteresis loop for the clamp during loading and 




displacements Hence, for any displacement, a reduced force was observed for the wide 
clamp.   
Table 1 depicts the resulting outputs of this experiment. By following the 
experimental procedure, the average displacement, forces, clamp area and pressures 

























































Table 1. Pressure Calculations: The table displays the experimental outputs required for the calculation 
of pressure. The displacement denotes the difference in the initial and final heights of the clamp. The 
corresponding forces were measured using the digital force gauge. The pressures were calculated by the 
formula Force/Area. N=3 clamps were tested for each opening height and length. 
height of the clamp. The average displacement was obtained by subtracting the initial 
height of the clamp without the electrode from the height of the clamp when the 
electrode was properly inserted. The corresponding force was measured from the force 
gauge and then the pressures were calculated.  
Figure 36 (bottom) shows the variations of pressure for various opening heights 
of the clamp. From the literature, the pressure threshold that a nerve can withstand was 
set as 20mmHg (0.27g/mm2). As expected, the pressure dropped by half, from 0.3 to 
0.19 g/mm2, when the opening height of the clamp was increased from 2.55 to 2.85 
mm. Although the cross-sectional areas for the clamps were the same, the decrease in 
pressure correlated to a decrease in force. Since the aim of the characterization was to 
minimize the pressure applied on the nerve, the wide clamp (2.85 mm) was selected, 
113 
 
and further characterization was carried out to determine the parametric values of the 
clamp needed for a feasible design. 
(iii) Effect of Clamp Length 
It was presumed that the length of the clamp would have a substantial effect on 
the pressure. Figure 38 (top) portrays the effect the length of the clamp would have on 
the nerve. As observed in the previous force-displacement characteristic plot; an 
increase in the clamp length results in a corresponding decrease of the force. When the 
short clamp of length 5 mm was displaced, a sharper increase in force was observed 
with increasing displacement. Since the clamp had a smaller cross-sectional area, it 
could barely cover the electrode. When the electrode was folded, a large stress was 
applied on the thin connecting membrane between Part A and Part B. The flexible 
nature of PDMS would cause the electrode to push against the clamp for it to return to 
its original position, thereby generating additional stress on the inner surface of the 
clamp and displacing it further. Although the weight of the PDMS electrode was 
assumed to be negligible when compared to the clamp, this upwards force of the 
electrode could possibly cause miniscule motions of the clamp, which would be 
detrimental to the nerve. By using this cuff, it could prove to be challenging to prevent 
this movement of the electrode and the nerve. Hence, this design would not be suitable 
for further implantation in a nerve. A medium clamp of the same length as that of the 
electrode resulted in a lower value of force for the same displacement. As both the 
electrode and clamp had similar cross- sectional areas, the forces should be evenly 
distributed along the clamp’s surface. The long clamp of length 8 mm gave rise to even 
lower forces. This occurs due to the distribution of forces over a larger surface area. 




Figure 38 (bottom) summarizes the effect of the clamp length on the pressures. 
The applied pressures decreased with the clamp’s length. A 3.5 mm increase in length 
decreased the pressure by three times. Although the cross-sectional areas were 
increased towards the long clamp, there substantial decrease in force of the medium 
and long clamps resulted in pressures below the nerve’s threshold. However, a primary 
challenge faced by the long cuff was the limitation of the implantation site size. Based 
on these characterizations, the opening height of 2.85 mm and length of 6.5 mm were 
 
Figure 38. Characterization of Clamp’s Length: (top) Force-displacement characteristic plot. 
(bottom) The pressure plot for clamps with different lengths. N=3 clamps tested for each clamp 




selected as optimum parameters (i.e, applying a small pressure on the nerve, while 
ensuring the size would be suitable at the site of implantation) for further tests.  
4.6 Discussions 
The findings conclude that the cuff-clamp electrode design with some 
modifications could be potentially used with the SDCS microfluidics for chronic pain 
suppression studies. The electrode design described here is an initial modification of a 
cuff electrode. While promising results for the pressures and impedance are obtained, 
this is simply a stepping stone for future design iterations, as many factors are yet to be 
investigated upon.  
Pressures could be drastically reduced by manufacturing the clamp with a more 
flexible material than presently used with considerable strength to hold the electrode in 
place. The manufacturing technique employed for the fabrication of these PDMS based 
electrodes limits the method of closure to employing the clamp. Current design 
iterations were obtained through the implantation in cadaveric rats. While they are 
sufficient for determining the parameters related to the size of the electrode, it is purely 
qualitative. Further quantitative measurements such as testing the nerve responses of 
the live rat and histological analysis of the nerve with the electrode would be necessary 
for ascertaining the feasibility of the design. A vital feature that was missing from this 
design are the electrode contacts. An ionically conductive, biocompatible, and stable 
contact must be achieved with the nerve. Moreover, the positioning, number of 
contacts, electrode material and electrode contact material should prevent the shunting 
of the current. Additional alterations into the electrode material and electrolyte should 
be explored for improving the conductivity.  
116 
 
While the experiments explained in this chapter were used to gathered  
preliminary data, further experimentation is certainly necessary to optimize the design 
of the electrode and add other features for not only the successful implantation on a 






















CHAPTER 5: CONCLUSIONS 
While all existing neuroprostheses use biphasic pulsatile stimulation, the 
effectiveness of the system, particularly for the inhibition of the neural activity is 
reduced. On the other hand, direct current has the ability to excite and inhibit the 
neurons, but is subjected to toxic electrochemical reactions at the metal electrode-
electrolyte interface. The SDCS tackles this issue by rectifying the input alternating 
current into ionic direct current, which can be supplied to the neural tissue safely. While 
the device as such can be divided into several functional layers; microfluidics, 
electronics, application-specific electronics and power, this thesis examines the 
microfluidic layer and establishes a neural interface that could possibly be used with 
the SDCS device. 
This thesis covers the design, characterization and testing of microfluidic valves 
for the next generation SDCS device. A normally-closed, miniature valve that is 
actuated with shape memory alloy was described. Testing of these valve impedances 
for the open and closed states (as 1:10 ratio) established its ability to rectify the charge-
balanced biphasic pulses into direct current. However, as seen in Figure 4, the SDCS 
device requires eight such valves. Delivery of the iDC through the tissue is made 
possible by governing the opening and closing states of the valves in a controlled 
manner so as to direct the path of the ionic direct current through the tissue in the same 
direction. Overall, this ion rectifier circuit when interfaced with the electronics, lays the 
groundwork for safe and effective delivery of iDC to excite, inhibit, block, or modulate 
the neuronal activity in-vivo. 
While progressive steps are being made towards the development of a functional 
prototype of SDCS, a connecting bridge between the microfluidics and the neural tissue 
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is essential. Most of the typically used electrodes for neural prostheses are metallic in 
nature, which prove to be deleterious to the biological tissue in conjunction with SDCS. 
Although the SDCS concept is currently being experimented for 3 major applications, 
the focus of this thesis is specific to designing electrodes for pain studies. Work towards 
a preliminary design and testing of an electrode capable of carrying iDC is presented in 
this thesis. The cuff-clamp electrode system comprises of a PDMS based cuff electrode 
(length = 6.5 mm, thickness = 0.72 mm), which is secured over the nerve using a c-
clamp (length = 6.5 mm, opening height = 2.85 mm). Sizes were chosen for 
implantation on the sciatic nerve of a rat. Moreover, the impedances obtained were 
around the SDCS device’s allowable impedance of 100kΩ. Pressure calculations and 
impedance measurements verified the possibility of this system as a successful 
interface. 
The microvalves and electrode system form the basis of the SDCS device 
design. Further research in the other layers (electronics, power, electrodes interfacing 
with microfluidic layer, chronic animal experiments for studying the effects of iDC, 
etc) and for optimizing the existing designs are necessary for building a functional 
prototype. Moreover, long-term experiments are to be carried out to establish the safety 
and efficacy of using direct current as a neuromodulation modality. The ultimate aim 
of this project is to establish a novel neuromodulation modality in the form of direct 
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